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ABSTRACT

The Center for Disease Control has found that between 2013-2015, 26% of
women and 19% of men reported doctor-diagnosed cartilage disease or damage.
Currently, there exists a substantial population with cartilage damage or disease needing
a solution to increasing pain and decreasing function and mobility. Many of these
individuals are young and thus looking for a treatment to delay a total knee replacement.
Many others are elderly and thus looking to avoid major surgeries, as the riskiness of
these procedures increases with age. As researchers look towards a method of cartilage
replacement, hydrogels show measurable potential as a synthetic substitute for the natural
tissue.
Treatments such as cartilage regrowth using scaffolds and growth factors as well
as microfracture have faced unique challenges in patients over the age of 40, who
comprise the majority of those suffering from cartilage defects. The arthritic
environments and low cellular metabolism in older patients make it difficult to utilize
these treatments. Existing hydrogel cartilage substitute solutions have fallen short of
multiple major mechanical requirements of cartilage tissue. Cartilage properties such as
compressive modulus, stress at a given strain, tensile modulus, ultimate tensile strength,
dynamic modulus, and phase angle must be closely matched by a replacement material in
order to increase the likelihood of success once placed into the physiological
environment. Additionally, it follows that the test methods used to obtain these properties
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must be conducted in a manner resembling natural physiological conditions as closely as
possible to ensure the applicability of the test results to real-life usage.
The present study was conducted in order to determine the mechanical viability of
a formulated double network hydrogel for use as a tibiofemoral cartilage substitute.
Hydrogel formulations varying in water content were tested using 5 methods: unconfined
compression, confined compression, indentation, tensile testing, and dynamic mechanical
analysis. The resulting mechanical properties were compared to corresponding natural
articular cartilage values found in literature.
While the double network hydrogel fell short in ultimate tensile strength, it
sufficiently matched values of compressive modulus, stress at a given strain, tensile
modulus, dynamic modulus, and phase angle. For many of the tests, a range of results
were found based on sample sets of varying water content, and the values of natural
articular cartilage were encompassed by these ranges. The customizability of the material
as well as its ability to match articular cartilage mechanical characteristics identify it as a
high-potential material in the pursuit of cartilage defect solutions.
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CHAPTER 1
INTRODUCTION

1.1 Problem Identification
As the typical American continues to increase both their BMI and lifespan, the
wear-and-tear disease of osteoarthritis takes its toll on an increasingly large number of
individuals (Health U.S. Department of and Human Services 2012; Hernández-Díaz, van
Schoor, and Khalil 2017). It has become the leading cause of disability in the US, with
over 22.7 million sufferers reporting activity limitations as a result of their condition.
When it comes to symptoms, it’s estimated that osteoarthritis affects 15% of the
population of the United States (Mandl 2019; Johnson and Hunter 2014; Guccione et al.
1994).
If damage occurs in cartilage, it is difficult for the body to repair the tissue in a
way that is mechanically similar to our original, undamaged cartilage. The body repairs
the defect with fibrous tissue, which exhibits less-than-ideal mechanical properties
compared to the original hyaline cartilage (Beddoes et al. 2016). Because of this, diseases
such as osteoarthritis take root and typically worsen with time and loading of the joint
(National Institute of Arthritis and Musculoskeletal and Skin Diseases 2010). A lower
body weight, pain management, physical therapy, and surgery or knee replacement are
some treatments used to reduce the prominence of symptoms, however osteoarthritis is
considered to have no cure.
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Osteoarthritis is both prevalent and impactful on one’s quality of life, but the
treatment options can be high-risk, with options being heavily dependent upon age. For
patients under the age of 50, a total knee replacement has an increased likelihood of
wearing out and requiring replacement later in life (Sondekoppam and Ganapathy 2015).
Younger patients have options of attempted cartilage regrowth and repair through the aid
of scaffolds and growth factors (Kim et al. 2003). This can be especially helpful for small
defect sites within the knee. For the typical older patient, this is not an option as their
body is not healthy and young enough to regenerate tissue as easily (Temenoff and Mikos
2000). The standard of care for debilitating knee osteoarthritis is the total knee
replacement, which carries with it a portfolio of risks such as aseptic loosening, in
addition to the intense surgery itself (Bahraminasab et al. 2013; Dalury et al. 2013). This
is problematic given that the prevalence of osteoarthritis increases with age, with 33% of
individuals aged 60-65 showing radiographic osteoarthritis, and 44% of 75-80-year-old
individuals. At age 45-50, numbers as low as 8% are reported (Shane Anderson and
Loeser 2010).
In this way, the majority of knee osteoarthritis patients do not have a noninvasive,
nonpermanent, or low risk option to treat smaller defect sites within the knee. Hydrogels
have been examined as a promising cartilage substitute (Baker et al. 2012). Hydrogels
have proven to be able to express compressive moduli similar to that of natural articular
cartilage, however it is difficult to say whether these substitutes can stand up to the wear,
compression, and tension that cartilage experiences regularly (Beddoes et al. 2016).
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1.2 Examining Suitability of Cartilage Substitutes
The properties of these synthetic solutions will be compared to the standards
established by previous studies of human articular joint cartilage, as well as porcine or
bovine cartilage (Lu and Mow 2008). When comparing these natural tissues to hydrogels,
it is important to examine the method used to obtain the reported mechanical properties.
Indentation, confined compression, and unconfined compression may all be used to
analyze the compressive properties of a material such as cartilage. However, each of
these tests vary in comparability to previously conducted studies as well as how
effectively they mimic the physiological application of force within the body. As a result,
the same material will display a different compressive modulus for each test conducted,
so the methodology of each experiment is important to consider when comparing
previously collected data on the compressive modulus of human, porcine, and bovine
cartilage.
With continued research and experimentation, hydrogels have shown increasing
promise in mimicking the characteristics of natural cartilage. As a result, the medical
device industry has taken greater notice of them. Ways in which hydrogels have
improved to mimic cartilage more fully include increased toughness, lubricity, and wear
resistance (Beddoes et al. 2016). Although these improvements have occurred, existing
hydrogel solutions continue to fall short of mechanical standards of tibiofemoral cartilage
such as compressive modulus and tensile strength (Beddoes et al. 2016). A material with
sufficient strength in these areas, while maintaining the other necessary properties of
cartilage has not yet been developed.
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In this paper, we first aim to examine mechanical values found for native articular
cartilage such as compressive and tensile modulus, ultimate tensile strength, compressive
strength, phase angle, and dynamic modulus. Secondly, we aim to characterize the
mechanical properties of a double network hydrogel through unconfined compression,
confined compression, indentation, and tensile testing as well as dynamic mechanical
analysis. Finally, the two will be compared to determine the mechanical suitability of the
material as a substitute for natural articular cartilage.
Further development of these materials could lead to a non-invasive and low-risk
option for common smaller cartilage defects which are currently treated with surgery or
simply with pain management. Hydrogels carry with them the potential to increase the
safety and contentment of the millions of individuals who are left with the choice of pain
and immobility or a risky surgical intervention to attempt to reclaim their quality of life.
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CHAPTER 2
LITERATURE REVIEW AND RESEARCH OBJECTIVE

2.1 Background
2.1.1

Constituents of Articular Cartilage
Hyaline cartilage acts as a shock absorber in the body and, when functional, offers

a biologically elegant solution to the sudden and intense forces placed on our skeleton
daily. This avascular tissue provides lubrication of the joints, absorption and dissipation
of force, wear reduction, and preservation of bones as a result of these protective
functions (Naumann et al. 2002). Each component of hyaline cartilage contributes
significantly to its behavior and functionality. Constituted primarily of proteoglycans,
type II collagen, and water, articular cartilage is a strong lubricious tissue which allows
for articulation of joints under intense loading conditions without damage to surrounding
tissue, especially bone (Fox, Bedi, & Rodeo, 2009).
Proteoglycans account for 5-10% of cartilage by wet weight, and are comprised of
glycosaminoglycan (GAG) and oligosaccharide chains anchored to a protein core
(Palukuru, McGoverin, and Pleshko 2014; Lohmander 1988). Because of the charge they
carry, interactions between water molecules and these chains create a gel-like matrix in
which water can flow in and out at rates determined by the amount and nature of
proteoglycans within the material (Roughley 2006). The surface level proteoglycans
display hydrophilic properties which aid with hydration of the articular tissue, and the
resulting reduction of friction-based irritation (Naka, Morita, and Ikeuchi 2005). The
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GAGs found in the proteoglycan component of hyaline cartilage have been proved to
play a significant role in the compressive stiffness and toughness of cartilage through
their effect of the interstitial fluid pressurization (Katta et al. 2008). By controlling the
rate and release of the tissue’s main constituent, water, proteoglycans and the GAGs
within them are responsible for the remarkable compressive strength of articular cartilage
(Eyre 2002; Aspberg 2016).
While proteoglycans form the gel that controls water movement through the tissue
and provide compressive strength, collagen forms a protein fiber that contributes tensile
strength to the tissue. Collagen, primarily type II, is found is varying orientations
throughout the three zones of cartilage and accounts for 10-15% of the wet weight of the
tissue (Sophia Fox, Bedi, and Rodeo 2009). These collagen fibrils create strengthening
filaments throughout the tissue, with proteoglycan bundles tangled within this matrix
(Mayne 1989).
Collagen is able to support significant loading through its triple-helical structure
of amino acid chains (Harvey et al. 2000). The helix is formed primarily by glycine (Gly)
and proline (Pro), with the repeating pattern of Gly-Pro-X. In this unit, X may represent
any amino acid (Harvey et al. 2000). Glycine’s side group of H (the smallest of any
amino acid) allows for the tight curl of the helix, and interactions between adjacent
polypeptides keep the structure in place (Gelse, Pöschl, and Aigner 2003). Each collagen
strands interacts laterally, or through overlapping strands, to form fibrils (Harvey et al.
2000). These fibrils provide cartilage with a strong resistance to tensile forces,
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complementing the compressive strength of the proteoglycans to provide a well-rounded
and tough articulating tissue to facilitate the use of our joints.
Chondrocytes are the highly specialized cells which exist in an intentionally
scattered distribution throughout the hyaline tissue. A primary function of these cells is to
secrete components of the extracellular matrix in order to synthesize and sustain the
avascular cartilage (Akkiraju and Nohe 2015). Using their ability to detect changes in the
environment, chondrocytes secrete ECM components which help the tissue to adapt to
the mechanical loads being applied to it. For example, if there is an increase in frequency
of compressive loading, the chondrocytes may secrete additional proteoglycans into the
matrix in order to increase water retention and shock absorption capabilities (Bhosale and
Richardson 2008).
This function is made even more important to the health of the cartilage when
considering the avascular nature of the tissue. There is no vasculature, lymphatic fluid, or
nervous tissue within articular cartilage (Sophia Fox, Bedi, and Rodeo 2009). This
severely limits the regenerative ability of the tissue, as nutrients must diffuse through the
matrix rather than rely on delivery by the vascular or lymphatic systems (Bhosale and
Richardson 2008). The adaptability and high metabolic capabilities of chondrocytes aid
in the maintained functionality of this tissue which allows for smooth articular of skeletal
joints (Akkiraju and Nohe 2015).

2.1.2

Multifunctional Zones of Articular Cartilage
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Cartilage displays diverse characteristics to protect the bone and surrounding
tissue as well as increase the lubricity and mobility of the joint. The main mechanisms it
uses to accomplish this are shock absorption, lubrication, load-bearing ability, and wear
reduction (Cohen, Foster, and Mow 1998). Each component of cartilage plays a part in
the expression of these properties, as do the four zones of the tissue: superficial,
transitional, middle, and calcified (Bhosale and Richardson 2008). The typical thickness
of knee cartilage is about 2.2mm, and each zone within the distance is specialized to fulfil
its particular function (Beddoes et al. 2016). These four zones add layers of complexity to
the structure of articular cartilage and are a part of what makes the biological tissue so
difficult to mimic synthetically.
The superficial zone, which comprises the articulating surface, maintains a
shallow coating of synovial fluid, the liquid lubrication of many of our joints (Brannan
and Jerrard 2006). The protein lubricin assists with the recruitment of hyaluronic acid, the
main constituent of synovial fluid, and maintenance of its presence on the superficial
layer (Tamer 2013). Because this zone is the actual gliding surface, it requires an
incredible resistance to shear force and wear (Danso et al. 2014). The lubricity provided
by the surrounding fluid and lubricin within the tissue helps, but cartilage holds
additional structural adaptations to assist with these forces (Tamer 2013). The articulation
creates tangential forces across the surface of the tissue, and cartilage must display high
tensile strength in order to resist rupture while in tension (Danso et al. 2014).
As seen in Figure 1, the orientation and shape of cartilage constituents are
dependent upon the zone in which they reside (Sophia Fox, Bedi, and Rodeo 2009). In

8

the superficial layer, collagen is oriented parallel to the articulating surface, allowing for
significant tensile strength in response to shearing (Setton, Elliott, and Mow 1999).
Additionally, flattened ellipsoid chondrocytes are distributed within this layer, secreting
components of the extracellular matrix as needed for upkeep (Poole et al. 2001). This
region maintains a high concentration of collagen and low concentration of proteoglycans
when compared to the other three regions of the tissue. The lower proteoglycan content
causes the layer to retain the most water, and to act as the first to compress under
perpendicular loading (Cohen, Foster, and Mow 1998). However, the higher amount of
collagen is responsible for the wear resistance of the tissue, and remarkably high tensile
strength in regard to forces parallel to the collagenous strands and articulating surface.
Because this layer is not constructed to withstand compressive force, orients fibrils
parallelly, and releases water quickly, it doesn’t require as much thickness, and only
accounts for 10-20% of the total depth of cartilage (Sophia Fox, Bedi, and Rodeo 2009).
Finally, the ellipsoidal orientation of chondrocytes and stacked nature of the collagen
fibrils of this compact and densely populated region act as a barrier to macromolecules
within the synovial fluid, protecting the cartilage as a whole from disruption by foreign
particulate (Teshima et al. 1995).
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Figure 1: Cross-sectional rendering of zonal distribution of chondrocytes and collagen in
healthy articular cartilage (Sophia Fox, Bedi, and Rodeo 2009).

Moving away from the articulating surface, the second zone is known primarily as
the transitional or middle zone (Kim et al. 2003). This layer accounts for 40-60% of the
total volume of this hyaline cartilage. The transitional zone serves as an in-between for
the superficial and deep layers of cartilage, and displays balanced properties, expressing
some features of both regions. It has a higher proteoglycan content than the superficial
layer, resulting in slightly less water retention and more resistance to compressive forces.
The collagen fibrils in this layer are less abundant, but have a slightly wider diameter and
are arranged in random orientations (Klein et al. 2009). This creates some resistance to
indirect shear force as well as resistance to normal tensile stress. The spheroidal
chondrocytes of this layer are more sparse than in the superficial zone, but make up for it
with a high rate of activity and secretion, consistently maintaining the health of the tissue
by altering the balance of proteins to best fit the mechanical demand being placed on the
site (Kim et al. 2003). For example, should the cartilage experience more frequent or
intense loading, and thus require more resistance to compressive force, the middle layer
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will adopt a more proteoglycan-heavy composition to counteract this change in loading,
and become slower to compress and deform under intense loads.
While the superficial zone protected against wear and irritation, the deep zone,
our third layer, is the biological shock-absorption element of articular cartilage. This final
30-40% of cartilage can be characterized by the highest concentration of proteoglycan
aggrecans and perpendicularly oriented collagen fibrils (Bhosale and Richardson 2008).
The collagen in this layer maintains the largest diameter of any section, providing an
incredible resistance to tensile forces applied perpendicularly to the articulating surface
(Mayne 1989).
Because of the higher proteoglycan aggrecan concentration, the water retention
for this layer is extremely high. This slower rate of release under pressure allows for
incredible compressive strength, and long-term protection of the underlying bone. While
the top layers can compress fairly quickly, absorbing the instantaneous shock on impact,
this layer is capable of incredible toughness, and of controlling heavy loads over
extended periods (Shirazi, Shirazi-Adl, and Hurtig 2008). Chondrocytes are organized in
a stacked pattern perpendicular to the articulating surface, but the density of these cells is
the lowest of the three discussed layers (Brittberg et al. 1994).
The final layer necessary in discussing cartilage zone and structure is the calcified
cartilage zone, found adjacent to the bone which the cartilage protects during impact and
articulation (Marlovits et al. 2006). It has the least abundance of chondrocytes and is
primarily a transition between cartilaginous tissue and subchondral bone, which has much
less resiliency than the adjacent hyaline tissue (Brittberg and Winalski 2003). The large-

11

diameter collagen fibrils from the deep zone pass through this layer as well and into the
bone, anchoring the cartilage to the bone it serves to protect. Dividing the unmineralized
deep zone from the mineralized calcified zone is the tidemark (Hunziker 2002). The
unique fixation method used by articular cartilage involves a fusing of the two tissues in a
way that cannot, as of now, be artificially imitated.
These four layers each contain varying chemical and mechanical properties,
providing a comprehensive and effective articulation tissue whose complexity is exactly
what allows our joint movement to be more simplistic. These intricate regions and protein
distributions make cartilage an incredibly difficult tissue to mimic synthetically and
provide a complex set of criteria which must be met in order to provide the same
biological and practical effect.

2.1.3

Common Pathologies of Articular Cartilage
Of the many joint diseases which find their roots in the malfunction of articular

cartilage, osteoarthritis is the most common (Zhang and Jordan 2010). Affecting 10% of
men and 13% of women over the age of 60, osteoarthritis is a joint disorder involving
damage to the articular cartilage of synovial joints which propagates through the tissue
until there is not enough hyaline cartilage and lubrication between articulating bone
(Kwoh 2012). Resulting debris and irritation can lead to inflammation of the joint capsule
and increased cartilage degradation as a result (Ringdahl and Pandit 2011). A grinding
sensation can be felt as the bones no longer glide across each other, but rather scrape and
irritate the nerves of the subchondral bone (Berenbaum 2013). The initial damage may be
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caused by the regular wear and tear of continual loaded articulation, or it can be initiated
by a traumatic injury, abnormal growth in the bone, foreign substances in the synovial
cavity, or exacerbation of the tissue due to obesity of the individual (Losina et al. 2011).
Because the disease spreads and gains severity over many years, it is difficult to identify
exact causes which may influence initial tissue wear and degradation.
Before diagnosis and possible treatment of osteoarthritis can be fully understood,
the anatomy and pathology must be examined. Lining the inner cavity of the joint is the
synovial membrane, visible in Figure 2 below.

Figure 2: Representative illustration of a knee joint with advanced osteoarthritis
(National Institute of Arthritis and Musculoskeletal and Skin Diseases 2010).
The synovial membrane both produces and cleanses the synovial fluid (Pacifici,
Koyama, and Iwamoto 2005). This fluid is important in delivering nutrients to the
cartilage through diffusion, as there are no lymphatic or vascular systems in the cartilage
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(Sophia Fox, Bedi, and Rodeo 2009). The fluid is comprised of hyaluronic acid and
lubricin, among other proteins, which aid in maintaining a friction-free contact between
the two cartilage-covered surfaces in the joint (“Synovial Fluid” 1931). Type A and type
B cells comprise the synovial membrane and support the health of the cavity. Type B
cells secrete the synovial fluid, while type A cells remove debris from the fluid and
maintain its purity and homogeneity (El-Gabalawy 2013).
Osteoarthritis can begin through traumatic injury, inflammation nearby, aging,
and repeated use (Fransen et al. 2015). Whatever the cause, at some point the
chondrocytes responsible for maintaining the cartilage makeup are no longer able to keep
up metabolically, and catabolic activity begins to overtake anabolic activity significantly,
resulting in more cartilage being broken down than is excreted by the chondrocyte
(Hernández-Díaz, van Schoor, and Khalil 2017). The chondrocytes begin to excrete a
different form of collagen, type I, which does not interact with proteoglycans identically
to the original biological cartilage, which was comprised of type II collagen (Eyre 2002).
This changes the mechanical properties of the tissues, namely a decrease in elasticity of
the tissue, increasing the rate at which its degradation occurs (Lu and Mow 2008).
Exhausted chondrocytes may perform apoptosis as they experience these unmanageable
demands for new cartilage for an extended period of time.
The degrading and flaking cartilage is referred to as joint mice one it enters the
space within the synovial cavity. Type A cells are overloaded as they attempt to capture
and clean out both these joint mice as well as the debris from the apoptosis of the
chondrocytes (Englund et al. 2012). They recruit immune cells such as lymphocytes and
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macrophages to the area in order to assist in removing and processing the debris, and as a
result the synovial membrane becomes inflamed due to cytokines released by the immune
cells as they work (Pearle, Warren, and Rodeo 2005). The synovitis leads to pain, heat,
and swelling in the joint as well as a decrease in functionality of the type A and B cells
lining the wall.
As the cartilage continues to break down through the death of chondrocytes and
changes in mechanical function, additional problems present themselves. Fissures and
cracks known as fibrillations begin to manifest in the tissue as the protective superior
layer disappears, and the lowers zones are not equipped to deal with shear force (Bush
and Hall 2003). These fibrillations serve as stress concentrators for increased rate of
tissue destruction. Cysts begin to form as well, creating small shredded craters in the
surface which degrade rapidly through routine articulation and use (Guermazi et al.
2010). This waterfall effect continues throughout the avascular and non-regenerating
hyaline tissue to the point in which little to no cartilage in covering the joint ends, and
bone-on-bone articulation is able to occur (Wallace et al. 2017). As bone polishes bone,
eburnation occurs and the two surfaces become well-warn and smooth. Bone begins to
grow outward from the central shaft, giving a wider and swollen look to the joint.
Referred to as osteophytes, these abnormal bone growths can stretch and damage tendons
and ligaments surrounding the joint capsule and add to the pain and instability of the joint
(Ringdahl and Pandit 2011). The ultimate result is a diminishing quality of life through
continual lessening of function of the joint and increasing pain as more components of
the body are affected by this disease. Although it affects over 30 million Americans, there
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is currently no cure for osteoarthritis (Centers for Disease Control and Prevention 2017).
However, there are existing treatment options.

2.1.4

Current Treatments and Therapies
For cartilage defect or disease patients under the age of 40, there are many

treatment options, many of which have proven to be extremely helpful in restoring
functionality, or delaying the need for more major treatments such as knee surgery
(Master et al. 2018).
Many of the options available exclusively to younger patients involve regrowth of
the individual’s own cartilage (Temenoff and Mikos 2000). Through the use of gel-like
scaffolds and application of stem cells and appropriate growth factors, autologous
cartilage tissue has been able to be artificially synthesized more than ever before (Mauck
and Burdick 2011). This tactic aims to eliminate problems such as specific
biocompatibility and imperfect mechanical properties, as ideally it is completely identical
to the cartilage the individual would have under healthy circumstances.

16

Figure 3: Osteoarthritis prevalence increases with age, where an overwhelming number
of patients are older than 40 years of age (Zhang and Jordan 2010).

Microfracture serves as another option for more youthful patients. Most suitable
for areas with localized deep cartilage damage, this laparoscopic procedure involves
cutting away the damaged cartilage above the bone, leaving a distinct region with no
cartilage, and full-thickness healthy cartilage surrounding it (Gill, Asnis, and Berkson
2006). Small holes are bored into the bone with a small drill or pick, and the resulting
bone marrow cells and blood that fill in the crater left by the lack of cartilage result in a
super-clot (Steadman, Rodkey, and Rodrigo 2001). This super-clot is thought to assist
with cartilage regeneration and healing by the body after the procedure, resulting
ultimately in removal of damaged cartilage and surgical assistance for new cartilage
growth using the body’s natural healing response (Mithoefer et al. 2005).
When 3122 patients were analyzed in a total of 28 different studies, it was
concluded that microfracture reliably resulted in short term (24 month) improvement in
pain relief and functionality, however reports of longer term relief were conflicting
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(Mithoefer et al. 2009). Higher quality of macroscopic repair cartilage correlated with
lower long-term failure rates, however more research is needed in order to compare longterm efficacy of microfracture with other cartilage repair treatments (Mithoefer et al.
2009). Another study conducted on 85 men with a mean age 39.5 years found that results
deteriorated somewhere between 18 and 36 months after surgery as measured by the
International Cartilage Repair Society score of knee functionality and pain relief, or ICRS
index. The ICRS score showed a decrease in pain and increase in functionality up to 18
months post-surgery, supporting short term efficacy of the procedure (Kreuz et al. 2006).
However, patients over the age of 40 lack the ability to quickly and effectively
create new cells, and do not respond to growth factors, assisted microfracture healing,
and other biological signaling methods as readily as their younger counterparts (LópezOtín et al. 2013). Should the body not accept the new tissue and grow to fill the space to
secure the new implantation quickly, it will be damaged and potentially rendered
ineffective due to the aggressive mechanical nature of the knee’s synovial joint (Vahdati
and Wagner 2013). It is difficult to keep pressure and friction off of the new cartilage as
the body begins to attempt to adopt the implant. Because of this, the engineered tissue is
often destroyed over time in older patients whose cell turnover rates are much lower, and
catabolic activity is significantly less (Gould et al. 2015). Thus these attempts are less
likely to be clinically translatable to most osteoarthritis sufferers (Zhang and Jordan
2010).
There are many options which span across all ages with varying degrees of
success, but the most common starting prescriptions are physical therapy and weight loss
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(Losina et al. 2011; Katz et al. 2013). In one study of 71 volunteers with symptomatic
OA, 75% of the group which received aquatic physical therapy for 6 weeks saw a
decrease in pain and increase in function, compared to 17% of the control group, which
received no therapy (Hinman, Heywood, and Day 2007). However, this study did not
have a method of distinguishing a placebo effect from results purely developed by the
treatment.
In another study of 83 osteoarthritis patients (mean age of 61), the patients in the
group which received manual physical therapy 4 days per week saw clinically and
statistically significant improvements in the distance the patient could walk in 6 minutes
(Master et al. 2018). Additionally, they observed significant improvements on their score
on a standardized test, the Western Ontario and McMaster Universities Osteoarthritis
Index, used to measure functionality and comfort of an arthritic knee (Master et al. 2018).
The placebo group saw no significant improvements on either the test nor on the distance
walked in a 6-minute interval.
Despite this success, 5% of the treatment group and 20% of the placebo group had
undergone knee arthroplasty within a year of beginning physical therapy (Master et al.
2018). In a 4-step guide for treatment of osteoarthritis, physical therapy was seen as a
necessary attempt to solve the problem, and is prescribed in both steps 2 and 3
(Porcheret, Jordan, and Croft 2007). In one 2007 study, evidence was found to conclude
that intervention by physical therapy led to improved physical function and pain
reduction in osteoarthritic knees (Jamtvedt et al. 2008). While still helpful on it’s own,
this treatment is often prescribed in combination with weight loss.
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Weight loss is another commonly prescribed action to reduce the symptoms of
osteoarthritis. The disease is listed, among many others, as one whose likelihood of
occurrence increases dramatically when an individual’s BMI rises over 30kg/m2 (Health
U.S. Department of and Human Services 2012). This is considered to be the threshold for
obesity, and applies to an estimated 35% of United States adults in 2013 (Health U.S.
Department of and Human Services 2012). Additional force due to body weight severely
increases the load of the base of the femur on the tibial plateau (D. T. Felson 1995).
The degree of severity of the arthritis can also be heavily influenced by alignment,
which may be brought on by weight gain (D. T. Felson et al. 2000). Misalignment
eliminates the efficient spread of force across a large contact area by reducing the area
across which the force is applied as well as by changing the angle at which it is applied
(David T. Felson et al. 2004). This leads to a greater load experienced by an area of
reduced cartilage as well as damage due to loading at an angle the cartilage is not built to
defend against (D. T. Felson 1995). There is evidence which suggests likelihood of
misalignment is increased as weight gain causes additional loading of the joint (D. T.
Felson et al. 2000).
In a study conducted in 2010, 157 obese adults were prescribed dietary
intervention for an average weight loss of 13.7kg (30lbs) across 16 weeks (Aaboe et al.
2011). Their gait biomechanics were analyzed before and after weight loss at their
individually-chosen walking speed. A reduction of 7-13% was seen for average loading
of the knee, axial impulse, and internal knee adductor movement. Perhaps the most
exciting result was the observation that for every 1kg of weight lost, there was a
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reduction of peak knee load of 2.2kg (Aaboe et al. 2011). In conclusion, each kg of
weight lost was rewarded more than 2-fold in reduction of peak knee loading. Weight
loss is thus a great treatment option regardless of whether there is a secondary
prescription to treat the arthritic joint.
After physical therapy and weight loss have been exhausted as possible solutions,
suggested treatment varies heavily based on factors such as risk of treatment, preexisting
conditions, desired level functionality post-treatment, and age of the patient. Treatments
such as acupuncture, low-level laser therapy, and subcutaneous electrical nerve
stimulation have been shown to reduce pain, however it’s unclear as to whether these
results are merely psychological (Jamtvedt et al. 2008). Pain management and antiinflammatory treatments such as NSAIDs or corticosteroids, are often used to attempt to
increase functionality and comfort while implementing other strategies such as exercise,
weight loss, or physical therapy (Coleman and Roubenoff 2012). Hyaluronic acid
injections have been used as a temporary solution for increased friction in the knee joint,
as it is one of the major components of the body’s natural lubrication, synovial fluid,
however it’s unclear as to whether these injections actually help to reduce friction and
damage to the joint (Richmond et al. 2009).
The treatment with the highest associated risk, and often a last resort for older
patients with knee osteoarthritis, is a total knee replacement, also called total knee
arthroplasty or TKA. In this procedure, the entirety of the joint is replaced, commonly
with a metal implant on the end of the femur, and an ultra-high molecular weight
crosslinked polyethylene on the top of the tibia (Hanna and Roberson 2006). Figure 4
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shows a radiograph of a successfully implanted patellofemoral joint replacement (Kumar
et al. 2014). The metal serves as a component which maintains strength over time with
minimal wear, and the polyethylene provides a low-friction, high-strength articulating
surface (Granchi et al. 2008). Bone cement is often used to hold the stems of the implant
into the patient’s bone, and attempts to assist in load sharing between the metal and the
existing bone, helping the bone to experience forces regularly and thus retaining the
osteocyte’s activity in constantly remodeling and maintaining the bone and it’s rate of
renewal (Nawathe et al. 2015).

Figure 4: Radiographs showing a well-aligned total knee replacement from the lateral
and anteroposterior views (Kumar et al. 2014).
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While riskier, total knee replacement has still proven to be an effective and
moderately sustainable solution to manage osteoarthritis of the knee in the cases where
surgical complications are minimal. A study was conducted in which 100 patients were
prescribed either a TKA and 12 weeks of non-surgical treatment or with only the nonsurgical treatment of education, insoles, exercise, and pain relievers (Skou et al. 2015).
The result was that the group which received TKA in addition to non-surgical treatment
experienced greater increase in functionality of the joint as well as greater pain relief. It’s
accepted as a treatment which is likely to improve the condition, and thus is performed
over 670,000 times annually in the United States alone (Skou et al. 2015; Carr et al.
2012).
However, complications are still a major cause for concern in TKA. In the same
study of 100 individuals receiving TKA or only the non-surgical treatment, there were 24
complications in the TKA group, as opposed to 6 complications in the non-surgical group
(Skou et al. 2015). Deviations that do occur can be painful, debilitating, or even fatal.
Some examples are infection, pulmonary embolism, and implant loosening (Schoen
2009). These issues result in revision surgeries, where the implant must be altered or even
removed and replaced. This leads to significant pain and suffering for the patient as well
as the added risk of an additional surgery.
In a multicenter study of 820 consecutive revision total knee arthroplasties, the
top causes for revision were aseptic loosening (23.1%), infection at the implant site
(18.4%), wear of the polyethylene articulating surface (18.1%), and instability (17.7%)
(Dalury et al. 2013). Many of these factors are actually interconnected in a cascade of
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issues caused by wear debris. As seen in the third most common cause for revision, wear
debris are typically generated by the concave polyethylene component on the top of the
tibia (Dalury et al. 2013). Sensitivity to the metals used in the head on the end of the
femur can also cause negative reactions and eventually lead to loosening (Granchi et al.
2008).
Through repeated wear and articulation against the polyethylene component, tiny
particles of the ultra-high molecular weight polyethylene are generated, which elicits an
immune response by the body (Wooley and Schwarz 2004). Osteolysis occurs, which
refers to the unhealthy loss of bone. This is due to osteoclastic activity overcoming
osteoblastic within the bone, so that more of the tissue is broken down and absorbed than
is built up (Wimhurst 2002).
This is comparable to the previously discussed interruption of chondrocyte
activity as part of the pathology of osteoarthritis. If there is an interruption to the balance
of addition and removal, major complications can occur which negatively affect the
health of the patient. The imbalance can be caused by stress shielding, which describes
the bone loss experienced when an implant causes the bone to bear less of the load than it
would under regular physiological conditions. Osteoclastic activity resorbs the bone as
there is no mechanical feedback to indicate its necessity (Bahraminasab et al. 2013). If
the implant does not transfer the load to the bone, the body allows the bone become less
dense and weaken, resulting in increased risk of fracture (Bahraminasab et al. 2013).
Additionally, the implant site may experience a complication called aseptic
loosening (Bahraminasab et al. 2013). This is when tissue death occurs around the
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implant as result of infection, causing it to loosen from the bone. In patients with aseptic
loosening, the results of the immune response can be found histologically (Wooley and
Schwarz 2004). A thin layer has been found to form between the cement and the bone,
and within this layer can be found macrophages, lymphocytes, mast cells, and foreign
body giant cells (Wimhurst 2002). These cells develop as a result of the previously
discussed wear particles generated by the articulating components of the knee
replacement. As macrophages and lymphocytes attempt to clear the debris through the
lymphatic system or through degradative enzymes, they quickly find that polyethylene is
not easily consumed by common inflammatory methods (Wimhurst 2002; Bahraminasab
et al. 2013). As a result, the macrophages begin to come together to form foreign body
giant cells, creating a dangerous foamy, capsulated layer between the implant and the
bone in which it needs to become integrated with, increasing the likelihood of poor
translation of force between the components and the natural bone. As the implant
loosens, it becomes increasingly painful for the individual on whom the TKA was
performed, as the bone tissue dies and inflammation takes hold. Revision surgery is
currently the only existing treatment for this debilitating issue (Bozic et al. 2010).
Because of the osteolysis surrounding the implant, the options for revision are
more invasive as they attempt to integrate into what little healthy surrounding tissue is
left. Elderly patients also report much higher levels of severe and chronic pain postsurgery (McCartney and Nelligan 2014). An additional surgery and solutions which
remove even more natural tissue come as a concerning treatment to older individuals with
slow recovery rates and sensitivity to infections (Bozic et al. 2012). Because
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osteoarthritis is the most common chronic condition affecting patients over the age of 70,
and knee arthritis makes up the greatest proportion of these cases, these treatments are
not helpful in treating a huge section of the population which suffers from this disease
(Wood et al. 2013).
Many mechanical treatments for the joint which are less invasive than TKA have
been attempted with unreliable success (Richmond et al. 2009). There has been such
extensive research into alternatives because while TKA does result in major functional
improvement for some, it is a much riskier procedure and can only be performed a
limited number of times, even on the healthiest of individuals. Evidence of reducing risk
can be seen in the number of attempts which have been made to devise simpler methods
which replace less of the natural joint, such as unicompartmental arthroplasty and patellar
resurfacing (Sondekoppam and Ganapathy 2015). The first completes a replacement on a
smaller articulating surface area between the femur and tibia, and the second refers only
to replacement of the cartilage on the back of the knee cap.
Despite the incredible progress in medical treatment and understanding of
osteoarthritic pathology, more and more individuals are in need of a high-quality
solution. As obesity becomes more common and life expectancy increases, we turn to a
solution which may be less risky and invasive to implement, however it must be able to
hold up against the extreme mechanical stresses placed upon one of the body’s most
impressive tissues, articular cartilage.

2.1.5

Hydrogels as a Cartilage Replacement
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Polyvinyl alcohol hydrogels have been established as a biocompatible and
protein-resistant material with many medical applications (Baker et al. 2012). Currently,
hydrogels made of polyvinyl alcohol (PVA) have been investigated for applications such
as wound dressing, vascular prosthesis, contact lenses, eye drops, and tissue adhesion
barriers (Millon, Mohammadi, and Wan 2006; Razzak et al. 2001). Notable
characteristics seen in these applications are the lubricity, chemical resistance or
nonreactivity, and ability to form a hydrophilic barrier between the material and the tissue
with which it associates (Kobayashi, Toguchida, and Oka 2003).
Recently, hydrogels made of polymers other than PVA have been under
investigation as scaffolding for chondrocyte regeneration (Kisiday et al. 2002). They
show promise in that they are biocompatible and can be designed in such a way as to
promote cell growth when implanted with chondrocytes (Zhao et al. 2013). Their ability
to encapsulate cells encourages growth of chondrocytes by mimicking the medium in
which they typically reside (Spiller, Maher, and Lowman 2011). However, many of these
attempts have not found success in vivo, with problems arising such as mechanically
inferior fibrocartilage growing into the cell-stocked regions of chondrocytes and growth
factor (Yang et al. 2017). Should fibrocartilage replace hyaline cartilage, the joint will
continue to deteriorate due to insufficiencies in lubrication, compressive properties, and
shear resistance (Setton, Elliott, and Mow 1999). Autologous chondrocytes implantation
using hydrogel scaffolds has found some success clinically but is limited by shortages of
source, extensive harvesting timelines, and low efficacy for older patients (Yang et al.
2017). This use of hydrogel scaffolds ultimately leaves the (primarily elderly)
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osteoarthritic community with the same problem- a treatment is needed for the significant
proportion of individuals with articular cartilage disease for whom these therapies are
ineffective.
Hydrogels have not only been discussed as a material option for chondrocyte
seeding and scaffolding. They have also been investigated as a material which could itself
replace hyaline cartilage (Li et al. 2014). By creating high occurrences of PVA
crosslinking, the toughness and strength of hydrogels can be increased to more closely
meet the requirements of hyaline cartilage (Timofejeva and Loca 2018). It has even been
theorized that the substance could one day be manipulated to behave similarly to
subchondral bone (Vinatier et al. 2006).

Figure 5: Polyvinyl acetate is cleaved to form polyvinyl alcohol, which serves as the
main constituent of cartilage-mimicking hydrogels (Cordes 2011).
The polymer, which is derived from polyvinyl acetate (PVAc) as shown in Figure
5, dissolves almost exclusively in water, and creates a thick, viscous gel, increasing in
viscosity with molecular weight of the PVA and percentage of the solution (Briscoe and
Luckham 2000). Through creating physically crosslinked networks, the gel can be
solidified into a polymer whose properties can be manipulated towards those of articular
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cartilage, while ideally maintaining the lubricity and wear resistance the material already
possesses (Cordes 2011).
Double-network hydrogels, or DN hydrogels, are currently the most promising
group of materials for mimicking the functions of natural hyaline cartilage (Beddoes et al.
2016). In double network hydrogels, the two networks are created by independent
polymerization reactions, which result in one hydrogel embedded with polymer chains
providing different properties. Typically, one reaction involves a rigid polymer with very
dense regions of crosslinking. This provides the material with strength and toughness (Q.
Chen et al. 2016). The second network usually has a much lower crosslinking density and
it comprised of polymer chains which allow for twisting and bending due to the structure
of their bonds (Figure 6). This gives flexibility to the material while reducing brittleness,
bringing the characteristics of the hydrogel closer towards those of natural articular
cartilage.

Figure 6: Double-network hydrogels contain two different crosslinked networks- the first
in orange maintains mechanical strength, and the second in purple provides material
flexibility (Beddoes et al. 2016).
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Many options have been investigated as potentially increasing tensile strength,
modulus, and fracture strength of these hydrogels. For example, by increasing the density
of polyethylene glycol (PEG) crosslinking in a double network of PEG/poly methyl
methacrylate, the modulus of the material increased (Rakovsky et al. 2009). The molar
ratio can be altered as well and affects the fracture stress, measured as the breaking
strength in a tensile test. In one study, it was found that a 2:1 molar ratio of poly-2acrylamido-2-methylpropanesulfonic acid and poly acrylamide was ideal in achieving the
highest fracture stress value in a hydrogel make of those networks (Gong et al. 2003). A
chemical crosslinker is often used to initiate the crosslinking of one or both networks, and
the concentration of this can drastically affect the tensile strength and modulus of the
material. By changing the concentration of methylenebisacrylamide (MBAA), which is a
crosslinker for a polyN-(carboxymethyl)-N,N-dimethyl-2-(methacryloyloxy)
ethanaminium (PCDME) polymerization as one of the double networks, from 0.5 to 125
mM in solution, the tensile strength increased by more than 3x, and the modulus by 4x
(Bai et al. 2014).
Despite this high degree of customization, as of yet no hydrogel substitutes are
able to withstand the same loading conditions which our natural cartilage displays under
these tests. Figure 7 shows that the tensile strength of these materials collectively fall
short, while some are able to perform above articular cartilage in terms of material
modulus (Beddoes et al. 2016). Additionally, the figure also shows 1 MPa as the accepted
modulus of cartilage. However, the compressive modulus of cartilage is found to be
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much greater than 1 MPa under physiological loading, with upper-end compressive
modulus values of 10.5 MPa (Murphy, Black, and Hastings 2016).

Figure 7: Despite continued advances in the mechanical properties of double-network
hydrogel synthetic cartilages, no material has been able to match the natural articular
cartilage of the knee (Beddoes et al. 2016).
It is common for the mechanical testing methods used to analyze the competitive
properties of these materials to not mimic the physiological loading conditions of the
tissue. In literature, the synthetic cartilage modulus is typically measured using
unconfined compression, where cartilage’s behavior in vivo is more similar to the
parameters of an indentation or confined compression test (Xiao et al. 2013). The
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procedure and method by which these materials are tested is important in predicting their
efficacy as an articular cartilage substitute.

2.2 Compressive and Tensile Requirements of Synthetic Cartilage
2.2.1

Mechanical Testing Methods
Previous authors have identified that cartilage has an upper-end modulus of 10.5

MPa, and a lower-end modulus of 1 MPa (Murphy, Black, and Hastings 2016;
Ramakrishna et al. 2001). However, these values were found using a tensile test, which is
not the manner in which mechanical force is most frequently applied to articular
cartilage. Differences in methodology lead to a wide range of reports in the compressive
modulus and stress of the tissue. Differences may exist in strain rate, relaxation versus
nonrelaxation, porosity and diameter of plungers and other components, or the type of
test deemed most appropriate for characterization of the sample. Thus, each evaluation
must be considered in context of the method used to obtain it.
Additionally, tests must be considered under the context of how well the
application of force mimics the manner in which the knee is loaded physiologically. In
vivo, cartilage is compressed by subchondral bone on one side, and a matching surface of
articular cartilage on the other. It is limited by the synovial cavity of the knee, has a
lubricating fluid, and does not move from the subchondral bone. This makes it difficult
for the tissue to expand laterally in vivo. Adhering to physiological conditions as closely
as possible will make for a test which is more accurate in predicting the ability of a given
material to meet the demands produced by the anatomy and functionality of the knee.
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While walking, knee cartilage experiences a stress of about 1-4 MPa (Gilbert et
al. 2014). However, forces increase with strenuous activities such as climbing stairs or
walking down ramps, and the cartilage will be subjected to stress values as high as 6
MPa. In a study conducted by Gilbert, the area of peak stress was the posterior aspect of
the medial plateau, which bore peak stresses of 7.73 ± 2.92 MPa at 20% in the gait cycle
(Gilbert et al. 2014). In Figure 8, a correlation can be seen between the average contact
area of cartilage and the stress which it is experiencing. While walking, there is a distinct
region from 0-60% of the gait cycle in which the contact area of both the medial and
lateral cartilage is above 400 mm2, where to remaining 60-100% of the cycle is below
this value. This correlates with the region of higher stress while walking, as 0-60% of the
gait cycle averages 4.7 MPa of stress compared to just 1 MPa during 60-100% of the
cycle (Gilbert et al. 2014). The more compressive force applied, the greater the area of
contact, which helps to reduce the force felt per unit area, assisting in the preservation of
the material.
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Figure 8: Average contact area and stress on knee while performing common activities of
walking and stair climbing (Gilbert et al. 2014).

As most tests use stress and strain to quantify the method of force application to
the sample, it is important to understand the amount of strain on cartilage in physiological
conditions. During casual compressive activity such as walking on a flat surface, cartilage
has been observed to experience 5-10% strain (Eckstein, Hudelmaier, and Putz 2006).
This range accounts for factors such as higher body weight and duration. In order to
quantify femoral trochlear deformation under extreme conditions, a static load of 150%
body weight was applied in situ to the cartilage (Herberhold et al. 1999). The maximum
cartilage deformation observed was 44 ± 7%, and this was obtained at an approximately
exponential rate. Final deformation was reached at 3.5 hours, however only 1.3% of the
final deformation was achieved in the first minute of compression, showing the tissue’s
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ability to utilize its limited water permeability in maintaining strength under intense
loading (Herberhold et al. 1999; Eckstein, Hudelmaier, and Putz 2006). Pressure sensitive
FUJI films in the samples showed a maximum stress of 3.6 ± 1.3 MPa.
Comparison of mechanical properties of a cartilage substitute to physiological
properties is necessary to determine the predicted efficacy of the substitute. In order to
obtain these quantified characterizations, a multitude of tests are applied. Each of the
following mechanical tests utilized attempts to characterize cartilage through its modulus
response to particular stress and strain. However, each test yields varying results due to
variation in methods, procedure, and preconditioning or treatment of cartilage samples.
Because of this, each test must be uniquely considered in discovering the actual
mechanical properties of articular cartilage of the knee.

2.2.2

Unconfined Compression
Due to its ease in obtaining an experimental setup, unconfined compression is one

of the most common methods of characterizing the compressive modulus of cartilage
substitutes. While ASTM standards do exist for fracture strength of cartilage as well as
unconfined compression of non-cartilage materials, as of yet there is no established
standard for compression of cartilage or its substitutes (ASTM 2012; Xiao et al. 2013).
In one test which used two non-porous platens and a crosshead speed of
1µm/second, a Young’s modulus was obtained for femoral cartilage (Korhonen et al.
2002). This bovine cartilage was taken from the humeral head, patellar upper quadrant,
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and femoral medial condyle of the cow. The response of this tissue can be seen in Figure
9. The harvested samples were cut to 3.7 mm diameters.

Figure 9: Mechanical response of bovine articular cartilage to unconfined compression,
confined compression, and indentation using a stress relaxation protocol (Korhonen et
al. 2002). In graph (a), confined compression relaxes most quickly, and indentation
relaxes most slowly.
Stepwise stress relaxation tests were applied where each step was 5% of the
cartilage’s uncompressed thickness (Korhonen et al. 2002). Full relaxation was achieved
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between each step and was characterized by a relaxation rate of less than 100 Pa/minute.
The average Young’s modulus found using unconfined compression was 0.31 ±
0.18 MPa , as compared to 0.34 MPa in confined compression, and 0.47 MPa in
indentation. A max stress of 100 kPa is shown in this unconfined compression test, which
is significantly lower than what we typically consider to be necessary for joint function,
as cartilage behaves differently when loaded physiologically (Nimeskern et al. 2015).
However these tests determined the equilibrium modulus, which is lower than the
instantaneous modulus, due to the fact that values are recorded not at initial compression,
but after fluid has exited the material and equilibrium strain at a given stress has been
reached.
Unconfined compression often does not create loads similar to what would be
considered physiologically, due to the lack of surrounding tissue in the test that would
otherwise exist in an in vivo system. However, one unconfined compression study did
attempt to mimic this type loading of bovine cartilage by applying what is thought to be
physiological compressive stress and loading frequency to 3mm diameter samples (Park,
Hung, and Ateshian 2004). The results showed a much higher max strength than the
protocol used by Korhonen, and was reported to be a stress of 4.8MPa, compared to the
previously mentioned 100 kPa.
In contrast to actual articular cartilage, an existing PVA hydrogel with a water
content of 75% was tested under unconfined compression from 10-60% strain. This
hydrogel expressed a compressive modulus of 1-18 MPa, which is within the range of the
modulus of articular cartilage, with 1 MPa often being an accepted value in unconfined
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compression (Stammen et al. 2001). However, this was tested to failure, so it’s unknown
whether the hydrogel could withstand repeated strains or maintain mechanical integrity in
long-term applications. It nonetheless indicates the potential of hydrogels in these
applications.

2.2.3

Confined Compression
Confined compression testing is more difficult to initially establish, but results in

an experiment which more closely mimics physiological loading conditions on the joint.
Because of the limited joint space as well as its adherence to the subchondral bone,
cartilage does not have limitless lateral boundaries to expand into when compressed
(Boschetti et al. 2004). In order to more closely mimic functional conditions, articular
cartilage materials are tested within a confined space, with controlled resistance to release
of fluid, usually utilizing a porous surface towards which the material is compressed.
Shown in Figure 9, the same stress-relaxation loading was applied to the bovine
cartilage for confined compression (Korhonen et al. 2002). The diameter of the samples
and chamber were 3.7 mm, which is the same diameter as the unconfined compression
samples. It can be seen that this test resulted in a similar response by the cartilage, but at
a higher magnitude. Femoral cartilage displayed a mean ± standard deviation of
0.34±0.17 MPa (Korhonen et al. 2002).
In another study by Schinagl, bovine cartilage was placed under strains of 8-32%
and allowed to equilibrate (Schinagl et al. 1997). Multiple layers near the surface as well
as deepest layer of cartilage (adjacent to subchondral bone) were analyzed and fit to a stress
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strain curve. The deepest 250 micron-wide layer of cartilage was found to have the highest
compressive modulus at 2.10 ± 2.69 MPa, and the lowest modulus of 1.14 ± 0.44 MPa was
found on the most superficial layer (Schinagl et al. 1997). As shown in Figure 10, the
deeper layers of the cartilage experience significantly less deformation than the superficial
layers, visually indicating a greater modulus in the deeper layers. This greater modulus is
confirmed by the quantified stress-response values seen in Figure 11.

Figure 10: Full-thickness bovine
cartilage with fluorescently marked
chondrocytes subjected to equilibrium
confined compression at various strain
values (Schinagl et al. 1997).

Figure 11: Stress response of
equilibrium confined compression
bovine cartilage, categorized according
to depth of cartilage layer (Schinagl et
al. 1997).

Existing hydrogels have failed to exceed this value. When characterizing
hydrogels intended for use as cartilage replacements, three different models were
implemented to predict the confined and unconfined stress-relaxation response of these
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materials (Baykal et al. 2013). The linear biphasic model yielded the largest estimated
modulus under confined compression, 0.220±0.316 MPa. Hydrogels continue to show
significant promise in many cartilage mimicking characteristics, however there remains a
demand for mechanical properties which are able to meet or exceed those of natural
articular cartilage.

2.2.4

Indentation
Indentation testing involves taking a flat piece of tissue uniform in thickness and

measuring the responsive force when an indenter is pressed into it. This test allows you to
obtain the instantaneous compressive modulus, because the tissue can be loaded quickly
(<50ms). In physiological conditions, cartilage often experiences intense loading at these
high rates while jumping, running, or absorbing a landing. Because of this, this form of
tissue analysis can be highly representative of physiological conditions. It also yields a
higher Young’s modulus when testing the same tissue, sometimes as much as 79% higher
when compared to unconfined compression (Korhonen et al. 2002). It has also been
proven that even when controlled by a constant displacement ramp rate for soft tissues,
cartilage will demonstrate level-independent indentation results, where lower levels of
the cartilage result in higher moduli similar to what was seen in confined compression
(Lau et al. 2008; Mattice et al. 2006).
Modulus values were reported as anywhere from 100 kPa to 4.8 MPa in
unconfined compression, however human articular cartilage expresses an instantaneous
compressive modulus of 5.5 - 11.8 MPa when subjected to the load within a 30 ms
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timeframe (Shepherd and Seedhom 1999). While unconfined compression can be a useful
tool in characterization and comparison, indentation testing may result in a more accurate
modulus requirement for synthetic cartilages (Korhonen et al. 2002).
For example, indentation testing does not allow the bulk sample to significantly
expand, while unconfined compression does. This contributes to the same material
yielding a higher average modulus; however it also contributes to the physiological
accuracy of the test. Articular cartilage is fused to the subchondral bone and remains both
attached and in the joint space, meaning it is not able to expand in a manner similar to
that seen in unconfined compression. In this way, indentation testing can be indicative of
how the tested material will behave in an in vivo setting.

2.2.5

Tensile Testing
The deeper zone of cartilage serves to protect the knee joint against both

compressive and tensile forces, as seen by the lower water content as well as increased
type II collagen and perpendicularly oriented fibrils (Beddoes et al. 2016). These fibrils
allow for protection from both compressive and tensile forces because of their
orientation. Tensile forces are not the most common forces seen by the knee, as cartilage
serves to absorb energy and protect the bone tissue and joint from fracture or other
damage as a result of high impact compressive forces. However, tensile testing can still
serve as a valuable tool in determining whether a synthetic material is capable of
demonstrating properties similar to that of articular cartilage.
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Tensile properties are age-dependent, and tensile testing has shown cartilage to
reach maximum strength at the superficial layer during the third decade of life, while the
deeper, compressive-orientated layers of cartilage continually deteriorate, as stiffness
decreases with age (Kempson 1982). This plays a significant role in the deterioration of
cartilage over our lifetime, and the increased likelihood of cartilage tears or rupture as we
age, as discussed previously.
A study from 2005 tested the tensile properties of human cartilage, with samples
coming from the glenohumeral joint (Huang et al. 2005). Cartilage samples were
collected from 5 joints in strips of both parallel and perpendicular orientation relative to
the split-line direction of either the head of the humorous or the glenoid socket. The strips
were sliced to separate the superficial and middle layers of the cartilage. Stepwise strain
was applied in this stress-relaxation test, as shown below in Figure 12.
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Figure 12: Strain was applied to tensile strips in a stepwise function with a 2% increase
in strain with each step up to a maximum strain of 16% (Huang et al. 2005).
The tensile modulus of the socket cartilage and humeral cartilage were calculated
at strains 0% and 16%, with higher strain correlating to a higher tensile modulus (Huang
et al. 2005). The humoral cartilage displayed a higher tensile modulus than that of the
glenoid, and zonal differences of the humeral cartilage were found to exist, with the
superficial layer being stiffer. Finally, strips cut parallel to the split-line of the cartilage
has more appropriately-oriented collagen fibrils, allowing it to display the highest tensile
modulus (Huang et al. 2005). Results of these tests at strain of 0% and 16% can be seen
in Figure 13 and Figure 14.
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Figure 13: Tensile modulus of humeral
cartilage of superficial and middle zones
(Huang et al. 2005).

Figure 14: Tensile modulus of humeral
cartilage parallel and perpendicular to
the split lines in the humeral head
(Huang et al. 2005)

The highest modulus displayed by cartilage of any orientation or zone was about
37 MPa, at 16% strain (Huang et al. 2005). While this is not knee cartilage, the ranges
found in these studies may provide an upper-end estimate for the tensile requirements of
a cartilage substitute. When grouping all specimens of both the glenoid and humeral
cartilage of the shoulder at strain 0, a tensile modulus of about 2.5 MPa and 4.5 MPa
were found, respectively (Huang et al. 2005). Sample modulus increased substantially
when measured at higher strain.
As hydrogels become a more frequently studied material, it becomes more
imperative to establish their mechanical requirements. As shown in Figure 7, many
hydrogels have met the lower-end compressive modulus requirement of cartilage, but
continue to fall far short of the goal tensile strength of 27.5 MPa (Beddoes et al. 2016). In
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fact, few are able to reach the tensile strength of diseased or osteoarthritic cartilage, at 2
MPa (Akizuki et al. 1986). This estimate of around 27.5 MPa was found to be the tensile
failure stress of femoral head cartilage at age 20 years (Mansour 2013). The ultimate
tensile strength of cartilage deteriorates substantially as one ages, reaching about 12 MPa
at the age of 80 years (Mansour 2013).
While an upper-end estimate of the required tensile strength of hyaline cartilage
has been established, hydrogels continue to fall short of this goal. Very few hydrogels
have successfully reached a tensile strength higher than 1 MPa, revealing a shortcoming
of modern synthetic cartilage materials (Beddoes et al. 2016). As researchers attempt to
mimic the mechanical properties of cartilage more accurately, tensile testing serves as a
useful characterization of hydrogel mechanics and potential efficacy of the substitutive
material.

2.2.6

Dynamic Mechanical Analysis
Dynamic mechanical analysis (DMA) is a method of measuring force, stress,

strain, and frequency of a material, and uses these values to report modulus and damping.
The sample is loaded to a constant strain over and over again in a cyclic pattern, and the
phase angle and dynamic modulus are calculated in response to this (Foreman 1997). The
loading and unloading of a sample to a consistent displacement allows for the technique
to mimic the cyclic nature of walking, where the cartilage is repeatedly compressed as it
bears weight, and decompresses and relaxes for a moment during the leg swing, prior to
the next step with that leg (Starkweather 1990).
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A 2019 study found that the maximum cartilage strain achieved while walking at
2.0 miles per hour was 8% strain, obtained after a longer duration walk of 30 minutes,
after which the strain levels out and does not change substantially with increasing
duration of walking (Paranjape et al. 2019). It has also been determined that cartilage can
compress to as high as 20% strain during intense physical activities such as running and
jumping (Gilbert et al. 2014). These values can assist in the determination of
physiologically reasonable strain rates for testing in dynamic compressive modeling
systems such as DMA.
When a polyethylene glycol dimethacrylate (PEG-DM) hydrogel intended for use
as a cartilage substitute was tested under oscillatory compression to 15% strain at a
frequency of 1 Hz, the material exhibited a dynamic compressive modulus of 0.67 MPa
and a maximum stress of 0.12 MPa (Nguyen et al. 2012). Dynamic compressive modulus
of the cartilage-mimicking hydrogel was dependent upon the molecular weight of the
PEG polymer, with increasing molecular weight resulting in lower compressive moduli
(Nguyen et al. 2012). This can be seen in Figure 15 along with their reported modulus
range of natural articular cartilage.
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Figure 15: Equilibrium and dynamic moduli of PEG-DM hydrogels and their
relationship to molecular weight of the PEG. Black dots represent previous studies while
green dots represent the current study about which the paper is written (Nguyen et al.
2012). The range of articular cartilage moduli established in literature can be seen in
gray.
This test was conducted in a confined environment, which will cause a higher
modulus than that which would be found in unconfined compression (A. C. Chen et al.
2001). Frequency also plays a role in the resulting modulus, with higher frequency
causing a more linear elastic stress relaxation curve as well as a higher modulus than
lower frequency loading at the same strain (Park, Hung, and Ateshian 2004). This effect
can be seen applied to bovine cartilage in Figure 16.
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Figure 16: The effect of loading frequency on stress relaxation response to strain in fullthickness bovine cartilage (Park, Hung, and Ateshian 2004).
In this study, the bovine cartilage was subjected to unconfined compression at
1Hz, and the modulus was found to be 16.1 ± 5.2 MPa (Park, Hung, and Ateshian 2004).
At 0.1 Hz, the dynamic modulus was found to be 14.6 ± 6.9 MPa. Although this is bovine
cartilage, it can assist in establishing an upper-end estimate for the modulus requirement
of human natural articular cartilage at this frequency. It also establishes that existing
hydrogel solutions may not have a high enough dynamic modulus to sufficiently fulfil the
role of natural articular cartilage (Park, Hung, and Ateshian 2004; Nguyen et al. 2012).
Phase angle is obtained during DMA testing and used to determine the
viscoelasticity of a material, where 0° is perfectly elastic material, and 90° is completely
viscous. Bovine cartilage was tested at frequencies ranging from 1 to 92 Hz, and the
phase angle across all frequencies was determined to be 4.9 ± 0.6°, indicating that
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cartilage is viscoelastic, due to the non-zero nature of the phase angle (Fulcher, Hukins,
and Shepherd 2009).

2.3 Research Objective
Having established an array of mechanical requirements of a synthetic articular
cartilage, and the results of existing substitutes, hydrogels appear to be on their way to
improving the lives of those suffering from tibiofemoral cartilage defects. However, due
to the varying methods of mechanical testing and the incredibly diverse ways in which
natural articular cartilage is loaded within the human body, a range of analytical methods
must be completed to more fully characterize a synthetic cartilage. Unconfined
compression, confined compression, indentation, tensile testing, and dynamic mechanical
analysis will be used to determine the mechanical properties of a hydrogel cartilage
substitute material.
The degree to which these methods mimic the physiological loading of knee
cartilage within the synovial joint is particularly important in the consideration of the
efficacy of the material. A material which can display the same strength and properties of
our biological tissue is needed to address the increasingly common issue of cartilage
disease and resulting pain and immobility, and hydrogels with intertwining networks are
on their way to being the first to do so.
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CHAPTER 3
MATERIALS AND METHODS

3.1 Introduction
Articular knee cartilage is a tissue that once lost, cannot be repaired perfectly my
the body (Beddoes et al. 2016). Because of this, small regions of damage or disease
can easily become the cause of a total knee arthroplasty. In 2010, knee replacements
were so commonplace that an estimated 1.52% of the population of the United States
had at least one total knee replacement, or TKR (Kremers et al. 2014). TKR’s have
increased in prevalence since 2010, but if the proportion is applied to the population
as of 2018, it’s equivalent to 4.97 million Americans (Wallace et al. 2017).
Because of this need, an artificial solution for smaller defect sites on the tibial or
femoral surface would be beneficial. While hydrogels have shown promising
mechanical results in imitation of the complex tissue, many existing solutions do not
possess a range of modulus and stress strain response that encompasses the reported
values of articular cartilage. Because of the complex and multidirectional structure of
tibiofemoral cartilage, an array of mechanical tests must be used to obtain holistic
analysis of the mechanical properties of the tissue.
Compression testing and indentation provide varying methods of testing the
material’s response to compressive forces, the primary force experienced by knee
cartilage (Gilbert et al. 2014). Each test provides mechanical characterization that can
be compared to similar test methods which have been tried on natural articular
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cartilage. When comparing to values obtained from cartilage in vivo, the test method
for comparison must be selected purposefully. A test like indentation, which limits
expansion by compressing a small area on a large square of material, is more
representative of physiological conditions than unconfined compression, where the
testing material can expand freely while being compressed, unlike natural cartilage.
Articular cartilage also experiences tensile force, providing another method for
hydrogel material characterization and comparison. Breaking strength and modulus
are both valuable tools in determining the compatibility of a hydrogel substitute.
Finally, by conducting dynamic mechanical analysis (DMA), the viscoelasticity
of the material as well as the dynamic modulus can be quantified and compared to
natural tissue. By testing these properties, the behavior of the substitute can be more
effectively analyzed for determination of the suitability of the material in this
application. Through the comparison of mechanical characteristics of the material
with natural articular cartilage, viability of the material as a substitute can be better
determined.

3.2 Materials
Samples were created at varying water contents from a proprietary formulation
with a constant polymer composition. The differing water content sample sets will be
compared to one another and to natural cartilage in order to determine how
effectively the material resembles articular cartilage. The hydrogels were prepared in
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bulk in the form of rods and films. For testing, subsequent rods or films were
machined or cut to the desired testing specimens.

3.3 Methods
3.3.1 Water Content Analysis
Each set of hydrogel samples varies in water content (WC) but not in polymer
composition. The water content of each sample is determined using the following
equation where WC (%) is water content of the sample expressed as a percentage of
the mass, mwet is the mass of the sample when completely hydrated, and mdry is the
mass of the sample when completely dehydrated. The masses were obtained on a
calibrated 4-point balance.
𝑊𝐶 (%) =

(𝑚)*+ − 𝑚-./ )
× 100%
𝑚)*+

Hydrated samples were dabbed dry using a laboratory low-particle wipe before
weighing. Samples were hydrated in a phosphate buffered saline solution pH 7.4 ±
0.2 with 0.01% sodium azide. Samples were swelled and stored in an oscillating 37°C
incubator. Samples were weighed until equilibrium was reached. This was defined as
a change in water content of less than 0.1% with 24 hours or more between each
weighing.

3.3.2 Unconfined Compression
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Samples of 4 different water contents, with 4 replicates per water content, were
tested in an unconfined compression chamber. Samples were obtained from hydrogel
rods and had dimensions of 7.45 ± 0.69 mm in diameter and 8.10 ± 0.81 mm in
height. An example of a compression sample can be seen in Figure 17.

Figure 17: A swelled confined/unconfined compression sample with calibrated
engineering scale.

The MTS Synergie 200 electromechanical material testing machine with a 1kN
load cell was used to complete the testing. A chamber with an unsealed top housed a
custom fixed platen, which became submerged once the chamber was filled. The
platen was corrosion resistant, unlubricated, nonporous, and impermeable. The
chamber was filled with a phosphate buffered saline solution of pH 7.40 ± 0.20. The
solution was held at a temperature of 37.5 ± 1.0 °C during testing.
The samples were compressed at a rate of 1% strain per second by an identical
platen attached to the upper moving head of the machine. The hydrogels were
compressed to 45% strain and then released. Each sample was compressed once,
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providing one test and data set per hydrogel sample. The unconfined experimental set
up can be seen below in Figure 18.

Figure 18: Unconfined compression experimental setup on the MTSÒ Synergie 200.
Resulting force from the controlled strain is measured by the MTS, and using the
diameter of the sample, a stress strain curve is obtained. The modulus and stress are
recorded at set strain points (5%, 10%, 20%, 30%, 40%), with the modulus being
calculated as the instantaneous slope at that point. Peak stress was recorded at 45%
strain. An example stress strain curve can be seen in Appendix B-4.

3.3.3

Confined Compression
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Confined compression samples are machined from bulk rods to achieve a final
diameter of 10 ± 0.2 mm, and a height ranging from 6 mm to 10 mm. 4 different
water contents were tested with 4 replicate samples at each content. An example of a
confined compression cylindrical sample is shown in Figure 17.
For confined compression, the chamber and saline solution are used under the
same environmental conditions. However, the nonporous platens are replaced with a
stainless steel chamber and plunger, shown in Figure 19 and Figure 20. The confined
compression sample is fit to the 10mm chamber with a sample diameter of 10.00 ±
0.20 mm. The walls of the confined compression apparatus are impermeable;
however the base of the chamber is comprised of a porous platen 10 mm in diameter,
with 50% porosity and 50 µm average pore size. This is the only medium through
which the saline solution can travel once compressed within the chamber, as seen in
Figure 19. The sample is compressed at a rate of 1% strain per second to a final strain
of 10% using a 10 mm plunger. The strain was limited to 10% due to the limit of the
1kN load cell.
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Figure 19: SolidWorks 3D Modeling
software representation showing the
inner chambers of the confined
compression unit. Porous disc in bottom
on compression chamber is not shown.

Figure 20: Confined compression
apparatus set up on MTSÒ Synergie
200. A sample can be seen suctioned to
the plunger.

Once again, stress and modulus at particular strains (3%, 5%, 7%) are recorded.
Modulus is calculated as the instantaneous slope of the curve at that specific strain
while stress is obtained through dividing the measured resulting force at that strain by
the area of the sample. An example stress strain curve can be seen in Appendix B-5.
For confined compression all samples have the same area as the confining chamber
ensures a diameter of 10 mm.

3.3.4 Indentation
Instead of a cylindrical sample, a 5 mm thick square of hydrogel is used. The 4
squares tested vary in water content, and each square was indented in 4 different areas
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as shown in Figure 22. Dimensions of the sample are 20mm by 20mm by 5mm
(length x width x thickness) squares cut from an inventory of hydrogel film using a
laboratory knife.
The same open-top chamber, MTS Synergie, saline solution, and environmental
conditions are used for indentation as for confined and unconfined compression.
Indentation testing also utilizes the same fixed non-porous platen within the salinefilled chamber that unconfined compression does. However, the mobile head of the
mechanical testing unit was outfitted with a 3 mm spherical head attachment as
shown in Figure 21.

Figure 21: Indentation set up in temperature and pH-controlled phosphate buffered
saline solution. Indenter head is spherical with 3mm diameter head.
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One 20 mm by 20 mm sample is indented to 45% strain at a rate of 1% per second
at 4 different regions of the material, as shown in Figure 22. This provides the 4 data
points for a particular water content. Modulus is measured by the system as the slope
at that given strain on the stress strain graph. An example stress strain curve can be
seen in Appendix B-6. Stress at a given strain (5%, 10%, 20%, 30%, 40%) is
measured as the resulting force at that strain divided by the cross-sectional area of the
sample being indented.

Figure 22: Indentation sample. The four white dots represent the locations of the sample
that were indented with the rounded 3mm head. Testing sites must be at least 3 mm from
sample edge and from each other.

3.3.5

Tensile Testing

Tensile samples are sourced from the same film inventory, and have a target
thickness of 5mm with dimensions of the dog bone tensile diagram shown in Figure
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23. Tensile samples are cut using a precision laser and actual dimensions of the
samples are measured immediately prior to testing in order to obtain an accurate
cross-sectional area. 4 water contents were tested with 4 replicate samples at each
water content.

Figure 23: Dimensions of dog bone sample used to obtain tensile properties of the
hydrogel.

Tensile testing is conducted on the MTSÒ Criterion Model 43 electromechanical
testing machine with a load cell of 1kN. This test is not conducted in a buffer
solution; however the 5 mm thick samples have been swelled in saline as described in
the sample preparation section. AdvantageÔ Pneumatic 2000 clamping apparatuses
with matte, textured rubber-faced grips of dimensions 38 mm by 58 mm were used at
a pressure of 10-20 psi to hold the ends of the tensile samples. Pressures used for each
sample set can be seen in Table 1.
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Table 1: Pressure of grips for each sample set characterized by average water content ±
standard dev of the n=4 sample set.

Average Water
Content of Each
Sample Set (%)

Tension

Pressure of
Grips (Psi)

76.36 ± 0.42

10

58.76 ± 0.84

16

47.91 ± 0.97

16

44.69 ± 0.67

20

The dog bones were tested with a grip separation of 1 inch and a separation rate of 2
mm per minute. Each dog bone sample was cut to the shape and dimensions shown in
Figure 23. The length of the sample was distributed evenly as to be centered between
the grips. The sample was tested until failure through breaking.
Modulus was calculated as the slope of the initial elastic region of the stress strain
curve. Strain at yield offset and stress at yield offset were calculated using an offset of
0.2% strain from the linear elastic region, and the strain and stress at the intersection
of the curve and this slope were recorded.

3.3.6 Dynamic Mechanical Analysis
The same samples that had been used for each of the 4 replicate samples at each
of the 3 water contents were used for dynamic mechanical analysis (DMA). The
water contents of the sample sets can be found in Table 2. The samples had a
diameter of 10 ± 0.2 mm and height ranging from 6 -10 mm.
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The Bose Electroforce Model 3230 was used to obtain dynamic modulus as well
as phase angle. A load cell of 100 lbs was fixed underneath the lower compressive
platen. In order to submerge the sample in saline during testing, a chamber was fixed
to the testing platform of the Bose and filled with saline, with a hole in the bottom of
the floor of the chamber to allow for the lower platen to protrude into the solution as
seen in Figure 24. Phosphate buffered saline of pH 7.40 ± 0.20 was used for testing.
The samples were tested at room temperature, which ranged from 19 to 22 °C.

Figure 24: Bose Electroforce Model 3230 Dynamic Mechanical Analysis set up. A
hydrogel sample can be seen in compression between the two platens, submerged in
saline.
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Each sample was tested under 3 frequency conditions; 10 Hz, 1 Hz, and 0.1 Hz. A
preload of 2.5 N compressive force was applied to each sample and the displacement
at this point was recorded. The platen would return to this displacement for 4 minutes
of dwelling prior to the testing of the first condition and in between each testing
condition.
The samples were strained to 15% at the peak strain of each cycle to mimic
physiological strain. Phase angle was calculated by multiplying the time difference
between the load peak and displacement peak by the frequency at which the test was
conducted, and then multiplying this by 360°/ cycle. This tells us the viscoelasticity
of the material where 0° is perfectly elastic and 45° is perfectly viscoelastic. Dynamic
modulus was calculated as peak stress over peak strain.

3.4 Statistical Techniques
Minitab 18 was used to complete statistical analysis of results obtained from these
experiments. Reported data and figures with error bars are presented as mean ±
standard deviation of sample. Statistically significant differences of sample sets were
assessed using one-way ANOVA followed by a Tukey post-test within Minitab 18.

3.5 Conclusion
Through the use of these 5 test methods, we aim to determine the suitability of
this hydrogel material for application as a tibiofemoral cartilage substitute. A diverse set
of tests are presented, each of which establish and quantify multiple mechanical
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characteristics. Indentation, unconfined compression, and confined compression each
measure the compressive modulus as well as stress values at a given strain. Tensile
testing establishes the yield strain as well as ultimate strain and ultimate tensile strength.
DMA is able to quantify the viscoelasticity of the material in addition to its dynamic
modulus.
By comparing these obtained values to tests conducted on natural cartilage using
comparable methodologies, we aim to evaluate whether this hydrogel material has the
potential to aid the rising number of individuals suffering from knee cartilage disease.
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CHAPTER 4
RESULTS AND DISCUSSION

4.1 Introduction
Orthopedic substitutes must meet an extensive list of mechanical properties in
order to function adequately as a replacement of natural tissue. For femorotibial cartilage,
properties related to tribology, lubricity, elasticity, compression, tension, permeability,
and stiffness exemplify properties that need to be considered in developing a tissue
substitute. In the following, hydrogel formulations at various water contents are
examined for their mechanical properties and how they compare to that of natural
articular knee cartilage.
Three compressive tests and one tensile test were used to characterize the
mechanical features of the hydrogel. Unconfined compression, confined compression,
and indentation were used to explore compressive properties of the material. A dog bone
tensile test was used to examine tensile properties. These values were then analyzed as
they pertain to existing cartilage tissue, and the feasibility of the hydrogel as a functional
cartilage replacement is discussed.

4.2 Results
4.2.1 Water Content Analysis
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Table 2: Average water content ± standard deviation of each set of 4 samples, organized
by corresponding mechanical test.
Unconfined
Confined
Compression Compression
Average
Water
Content of
Each
Sample Set

DMA

Indentation

Tension

73.40 ± 0.11

73.94 ± 0.26

73.94 ± 0.26

79.75*

76.36 ± 0.42

45.31 ± 0.24

47.41 ± 1.88

46.58 ± 0.46

64.42*

58.76 ± 0.84

38.50 ± 0.18

40.72 ± 0.66

39.24 ± 0.45

50.73*

47.91 ± 0.97

35.48 ± 0.36

37.24 ± 0.21

41.38*

44.69 ± 0.67

*sampling conducted across one square of film, resulting in one water content for all 4
samples
The first three mechanical tests listed above use cylindrical-shaped samples which
came from the bulk rods. An example of these samples can be seen in Figure 17.
Indentation and tension testing used samples made from hydrogel film, as seen in Figure
22. A high range of water contents were displayed by the hydrogels. The highest water
content being 79.75% for a square indentation film. The lowest water content was
35.48% and was an unconfined compression cylindrical sample. Each of the sample sets
within unconfined compression were significantly different from one another (p<0.01).
Each of the sample sets within confined compression were significantly different from
one another (p<0.01). All of the sample sets within tensile testing were significantly
different from one another (p<0.01). Finally, all of the sample sets tests with DMA were
significantly different (p<0.01).

4.2.2 Unconfined Compression
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Figure 25: Modulus at 5% and 10% strain of sample in unconfined compression at 4
different water contents. Reported as mean ± standard deviation, n=4.
At both 5% and 10% strain, it can be observed that the modulus at a given strain
increases with decreasing water content. The lowest sample-set modulus for 5-10% strain
is 5% strain at 73.40% water content, which is 0.607 ± 0.037 MPa. The highest modulus
at these strains is 10% strain of 35.48% water content, which is 29.722 ± 1.396 MPa.
Each set of water contents is significantly different (p<0.01).

66

12

Stress (MPa)

10

Stress at 5% Strain
Stress at 10% Strain

8

Stress at 20% Strain
Stress at 30% Strain

6

Stress at 40% Strain
4
2
0
30

40

50

60

70

80

Water Content (%)

Figure 26: Stress at strains ranging from 10-40% of unconfined compression sample.
Measured at 4 different water contents, where each water content has 4 samples.
Reported as mean ± standard deviation, n=4.

At any given water content, the responsive stress increases significantly with
percent strain (p<0.01). Additionally, stress resulting from an equivalent applied strain
increased significantly with decreasing water content of the sample, excluding 5% strain
(p<0.01). The 35.48% water content sample set experienced a stress of 11.92 ± 0.37 MPa
at 45% strain without permanent deformation or rupture. The hydrogel was not
compressed past 45% strain. An example stress strain curve can be seen in Appendix B-4.
Each set of water contents is significantly different (p<0.01).

4.2.3

Confined Compression

67

Modulus (MPa)

160
140

Modulus at 3% Strain (1.00%/sec)

120

Modulus at 3% Strain (0.05%/sec)

100
80
60
40
20
0
20

30

40

-20

50

60

70

80

Water Content (%)

Figure 27: 4 sample sets of varying water content with 4 duplicate samples in each set
were tested in confined compression. They were each tested at a strain rate of both 1%
per second and 0.05% per second. The modulus was recorded at 3% strain. Reported as
mean ± standard deviation, n=4.
In confined compression, the modulus at 3% strain is affected by the rate at which
the sample is being strained. Here it can be seen that at a strain rate of 1% per second, the
modulus at 3% strain is about twice are high (1.84 ± 0.41 times higher) as the modulus at
3% strain when the sample is loaded at a rate of 0.05% per second. The higher loading
speed resulted in significantly higher moduli at 1% than 0.05% strain for water content
sets of 73.94% and 37.24% (p<0.05).
The modulus of the highest water content sample set was significantly higher than
all other sample sets at both loading speeds (p<0.01). At the highest water content of
73.9%, the modulus at 1%/sec strain rate and 0.05%/sec strain rate were 125.87 ± 16.56
MPa and 69.21 ± 12.80 MPa, respectively. This is higher than their lower water content
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counterparts, where at 1%/sec they did not exceed 60 MPa, and at 0.05%/sec, no lower
water content sample set exceeded 25 MPa. Each set of water contents is significantly
different (p<0.01).

4.2.4 Indentation
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Figure 28: Comparison of measured moduli at 20% strain by indentation and unconfined
compression. Reported as mean ± standard deviation, n=4.
Both indentation and unconfined compression show a significant increase (p<0.01
for each) in modulus measured at 20% strain as water content decreases. A study by
Danso and colleagues found that samples subjected to indentation display a higher
modulus than those tested by unconfined compression (Danso et al. 2014).
While no direct comparison of unconfined compression and indentation moduli
was able to be made due to differing water contents of the sample sets, it appears that
indentation samples display a higher modulus than those tested in unconfined
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compression. An indentation sample of 41.38% water content displayed a higher modulus
than the unconfined compression sample set of 38.50% water content (22.53 ± 1.41 MPa
and 18.56 ± 0.41 MPa, respectively).
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Figure 29: Stress response of 4 hydrogels of different water contents tested under
compression by a 3 mm rounded head. Reported as mean ± standard deviation, n=4.
As water content decreases across 80%, 64%, 51%, and 41%, there is a significant
increase in resulting stress at a given strain (p<0.05). The lowest water content sample
had the highest stress of any sample set for each strain value. Stress increases in response
to higher strain within each sample set. The lowest water content sample, 41.38%, had a
stress of 0.280 ± 0.060 MPa at 5% strain, 2.165 ± 0.376 MPa at 20% strain, and 7.992 ±
0.529 MPa at 45% strain. Stress produced by the sample increases as it is compressed.
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4.2.5 Tension
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Figure 30: Relationship between tensile modulus and water content of hydrogel sample.
Reported as mean ± standard deviation, n=4.
During tensile testing, dog bone-shaped samples (as seen in Figure 23) were
loaded in tension until failure (break). An example tensile stress strain curve is shown in
Appendix B-1. There is a significant increase in tensile modulus of the hydrogel as the
water content decreases (p<0.05). The highest tensile modulus of any sample set was
12.22 ± 1.13 MPa at 44.7% water content. At 0.429 ± 0.04 MPa, the 76.3% water content
sample set has the lowest tensile modulus of any sample set. Each set of water contents is
significantly different (p<0.01).
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Figure 31: Strain at offset yield of each sample set, differentiated by water content.
Reported as mean ± standard deviation, n=4.
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Figure 32: Strain at break of each sample set, where each set varies in water content.
Reported as mean ± standard deviation, n=4.
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An inverse relationship is illustrated in Figure 31 and Figure 32 between the strain
at break and strain at offset yield. Here, the yield strain increases with decreasing water
content, whereas the strain at break decreases. The highest water content sample set
(76.3%) displayed the highest yield strain, waiting until stretched to 0.401 ± 0.022 strain.
However, it fractured at the lowest strain of the sample sets tested, 2.35 ± 0.87. The
lowest water content sample set yielded at the strain 0.100 ± 0.007, and failed at 8.023 ±
1.489 strain. Each set of water contents is significantly different (p<0.01).

4.2.6 Dynamic Mechanical Analysis
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Figure 33: Average dynamic modulus of each water content set at the described
frequency. Reported as mean ± standard deviation, n=4.

The dynamic modulus of the hydrogel cartilage substitute increases significantly
as water content decreases (p<0.01). Dynamic modulus does not differ across the
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frequencies of 0.1 Hz, 1 Hz, and 10 Hz for the two lower water contents. At the highest
water content, the modulus at 10 Hz was significantly higher than those measured at 0.1
Hz and 1 Hz (p<0.05). The highest measured dynamic modulus was 15.73 ± 0.67 MPa at
a frequency of 10 Hz on the sample set of water content 39.24 ± 0.45%. The highest
water content sample set (73.94 ± 0.26) had a dynamic modulus of 0.79 ± 0.03 MPa
across all tested frequencies. Each set of water contents is significantly different
(p<0.01).

Table 3: Phase angle of the hydrogel material for 3 water content sets of 4 replicate
samples. Samples were tested at three different frequencies. Reported as mean ± standard
deviation, n=4.
Phase Angle (°)
WC (%)

10 Hz

1 Hz

0.1 Hz

73.94 ± 0.26

3.75 ± 0.34

3.75 ± 0.33

3.05 ± 0.41

46.58 ± 0.46

2.94 ± 0.28

2.6 ± 0.38

3.1 ± 0.39

39.24 ± 0.45

3.84 ± 0.29

2.65 ± 0.29

3.08 ± 0.17

Under the conditions of this study, phase angle data sets are not significantly
different by water content nor by testing frequency (p<0.05). The phase angle when
including samples at all water contents tested at all frequencies is 3.20 ± 0.53°. Phase
angle was not found to be frequency or water content dependent.

4.2.7 Summary
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Table 4: Summary of mechanical performance of hydrogel formulation in comparison to
natural articular cartilage values found in literature (Shepherd and Seedhom 1999; Gilbert
et al. 2014; Beddoes et al. 2016; Fulcher, Hukins, and Shepherd 2009). Reported as mean
± standard deviation, n=4.
Natural Articular
Cartilage (MPa)
Instantaneous
Compressive Modulus
(Indentation)
Upper End
Compressive Strength
(45% Strain)

11.8
7.73 ± 2.92

Hydrogel Cartilage
Substitute (MPa)
27.26 ± 0.67*
22.93 ± 0.99**
11.92 ± 0.37*
7.99 ± 0.53**

Upper End Tensile
Modulus

10.5

12.22 ± 1.13

Ultimate Tensile
Strength

27.5

8.11 ± 0.88

Upper End Dynamic
Modulus

16.1 ± 5.2

15.50 ± 0.68

Phase Angle

4.9 ± 0.6°

3.20 ± 0.53°

* Compressive value obtained by unconfined compression testing
** Compressive value obtained by indentation testing

4.3 Discussion
4.3.1

Unconfined Compression
As previously discussed, cartilage compresses to a strain of 8% after 30 minutes

of 2.0 mph walking (Paranjape et al. 2019). 1 MPa is a commonly accepted modulus
standard for articular cartilage, however in practice it has been observed that articular
cartilage can display instantaneous modulus values greater than 1 MPa, especially during

75

high impact activities (Beddoes et al. 2016; Schinagl et al. 1997). Displayed in Figure 25,
at physiological strain of 5-10%, this hydrogel met or exceeded observed modulus values
for articular cartilage during lower impact activities such as walking, meeting the 0.31 ±
0.18 MPa modulus found using a more slowly applied unconfined compression method,
and exceeded the upper end compressive modulus of 10 MPa reported for existing
hydrogels (Nimeskern et al. 2015; Beddoes et al. 2016). At only 10% strain, this hydrogel
formulation also exceeded an existing PVA hydrogel, which when strained to 60%
displayed a modulus of 18 MPa (Stammen et al. 2001).
In this way the unconfined compressive modulus of the lowest water content
formulation outperformed comparable hydrogels, and the 4 different formulations show a
range which encompasses physiologically measured modulus values as well as exceeds
upper-end compressive modulus values without failure. Figure 25 as well as Figure 26
show large range and versatility of these hydrogels. By altering the water content of the
material, modulus values at a given strain (10%) can cover a range of 0.64 MPa to 29.72
MPa.
Bovine cartilage, when loaded in unconfined compression to physiological
conditions, had a maximum stress of 4.8 MPa (Korhonen et al. 2002). At peak
physiological conditions, which can be estimated to be 20% strain during intense activity,
the lowest water content DN hydrogel returned 5.16 MPa of stress, a value similar to the
natural bovine articular cartilage at similar strain (Korhonen et al. 2002; Gilbert et al.
2014).
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Previously conducted studies have suggested that stress values as high as 7.73 ±
2.92 MPa are experienced in specific regions of the knee cartilage (Gilbert et al. 2014).
At the lowest water content sample set, the described hydrogel material was loaded
beyond what would be considered physiological conditions and was able to return up to
10.56 MPa of stress without rupturing or experiencing failure. This is helpful in ensuring
that the material does not fail under unusually high loading, or in specific regions of
highest stress across the cartilage surface.

4.3.2

Confined Compression
While two of the three sample sets did not have a difference in modulus values

from each other, there was a significant difference in the modulus found based on strain
rate at the water contents 73.9%, 47.4%, and 37.2% (p<0.05). At higher strains of 5% and
7%, there is not conclusive evidence of a difference in modulus across water contents.
However, the strain rate consistently alters the modulus, as a strain rate of 1% per second
causes the same water content set of hydrogels to display a significantly larger modulus
than it does at 0.05% per second (p<0.01).
This difference may be due to the water in the material having less time to
evacuate the specimen through the porous disc in the bottom of the confined compression
chamber when loaded at a faster rate. This leads to both the solid and liquid components
of the hydrogel pushing back on the plunger, where at the slower strain rate, more of the
liquid component can evacuate through the porous disc.
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During testing, each sample reached the load limit of 850 N, resulting in a stress
of 10.8 MPa when the test was aborted. At a loading rate of 1% strain per second, the
highest water content sample set reached the load limit at a significantly lower strain than
the other sample sets (p<0.05).
One interesting result from the confined compression analysis was that the
modulus in confined compression appeared highest for samples with greater water
content. This result opposes the results found in unconfined compression and indentation.
It is hypothesized that the two causes of this are related to the mechanism by which water
is able to exit the samples upon compression. In one instance, the lower water content
samples may have an increased number of interconnected pores which could be
alleviating some of the fluid pressurization in the material. In the other case, the higher
water content samples will likely have an increased amount of bound water within
amorphous regions of the polymer. This bound water would have a slower rate of
diffusion out of the material than the free water within the porous region resulting in
greater fluid pressurization and modulus under confined compression.

4.3.3

Indentation
Indentation testing reflects a higher compressive modulus at the same strain and

similar water content than unconfined compression. This aligns with comparisons made
by previous studies of natural articular cartilage, and can be seen in Figure 9 (Korhonen
et al. 2002). When loaded rapidly, human articular cartilage has displayed an
instantaneous compressive modulus of 5.5–11.8 MPa (Shepherd and Seedhom 1999).
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The indentation results in Figure 28 show that the lowest water content sample of
this hydrogel formulation expresses a compressive modulus of 22.5 MPa, which exceeds
the necessary modulus of 11.8 MPa. The second-lowest water content sample (50.73%)
has a modulus of 10.71 MPa at 20% strain, which is the strain associated with highimpact activities, leading the modulus found at this point to be comparable to the
instantaneous compressive modulus of cartilage (Gilbert et al. 2014; Shepherd and
Seedhom 1999).
These results show that the experimental range of compressive modulus of human
articular cartilage is encompassed by the modulus values displayed by varying water
contents of this hydrogel formulation. Therefore, at the appropriate water content, this
substance shows promise as a mechanical equivalent regarding the instantaneous
compressive modulus properties of natural articular cartilage.
As aforementioned in regard to unconfined compression, the medial plateau
experiences peak stresses of 7.73 ± 2.92 MPa during more intense and high-impact
activities such as going down starts or running on a hill (Gilbert et al. 2014). This
hydrogel has proven itself to be capable of supporting these loads, producing 7.99 ±
0.529 MPa at peak stress of the sample, which occurred at 45% strain and can be seen in
Figure 29.
When a load of 150% body weight was placed on human articular cartilage in
situ, a final deformation of 44% ± 7% was reached, with a final max stress of 3.6 ± 1.3
MPa (Herberhold et al. 1999). At 45% strain, the second highest water content sample set
(50.73%) responded with a stress of 4.13 ± 0.14 MPa. This is highly comparable to the
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results of natural articular cartilage under physiological conditions, and aids in
establishing mechanical equivalence of the hydrogel material to healthy knee cartilage.
The ability to modify mechanical properties through manipulation of water content of the
hydrogel allows for tailoring of mechanical properties to match desired cartilage
properties.

4.3.4 Tension
In Figure 30 it can be observed that as water content decreases, the tensile
modulus of the hydrogel samples increase significantly (p<0.05). Various test methods
result in cartilage tensile modulus reports ranging from 2 MPa to 37 MPa, making a
direct comparison of results difficult. The two lowest water content sets of 4 replicate
samples had the highest modulus.
When comparing these measured moduli to those reported in the glenohumeral
joint, we see that the hydrogel modulus (measured at about 9% strain) falls between the
moduli found at 0% and 16% strain glenohumeral cartilage (Huang et al. 2005). When
averaged between tissue layers and orientations, the tensile modulus is 18 MPa at 16%
strain, and 5 MPa at strain 0 (Huang et al. 2005). The moduli of the two lower water
content formulations of the hydrogel were 8.8 MPa (47.9% water content) and 12.2 MPa
(44.7% water content). These fall within the established range of modulus at this strain
based off of natural articular cartilage.
Additionally, one review of the mechanical properties of articular cartilage and
hydrogels placed the young’s modulus of native articular cartilage at 10.5 MPa (Beddoes

80

et al. 2016). The tested hydrogel formulation displays a range which contains this value,
suggesting its ability to effectively mimic this mechanical property of cartilage.
Evidence of strain hardening of the material can be seen in Appendix B-3. The
first network of the hydrogel material reaches its limit in tensile strength, and the polymer
network begins to align after the yield point is reached. This can be viewed and compared
to an example stress strain curve in Appendix B-1. As seen in Figure 31 and Figure 32
this causes the polymer to have a low yield strain, yet a high stress at break, as the
material continues to strain far past the yield point without breaking. The result is that the
polymer does not return to its original shape when strained past this lower yield point.
However, it maintains a high degree of ultimate strength, as seen in Table 4. There was a
significant difference in the strain at which the lowest water content sample broke from
all other samples sets (p<0.05). The two higher water content samples were significantly
different in their strain at offset yield from each other and from the lower two water
content sample sets (p<0.05).
The 47.9% water content sample set had a highest ultimate stress at 8.11 ± 0.88
MPa. In unconfined compression and indentation, we have seen the lowest water content
samples return the highest stress and modulus values. The lowest water content sample
set may not have returned the highest strength and modulus values in this test because of
the much higher strain combined with the amount of time it was out of solution. The
material becomes drier and more brittle the more time it is out of solution. This means
that the highly strained 44.7% water content sample set was out of solution for a longer
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period of time, and thus likely to be more brittle, and potentially reach ultimate tensile
strength at a lower value.
When comparing ultimate tensile strength of the 47.9% water content tensile
sample set to the 44.7% water content sample set, it should be considered that the strain
of the 44.7% sample was much greater than that of other samples when it broke. Thus the
cross-sectional area had decreased more, causing the true stress value to go up
(stress=force/area). However, this test utilizes engineering stress, where the original area
is used for stress calculations.
In analyzing the tensile strength of articular cartilage, previous authors have cited
the tensile strength up to 27.5 MPa (Mansour 2013). However, this value was measured
as the tensile failure stress of femoral head cartilage for a 20 year old, marking it as
representative of a maximal tensile strength (Mansour 2013). The strongest hydrogel
sample set had a water content of 47.9% and an ultimate tensile strength of 8.11 ± 0.88
MPa, as seen in Table 4. While this does not put the hydrogel formulation at the same
level of tensile strength as natural articular cartilage, it does perform substantially better
than any existing substitute in this measurement; the highest known hydrogel ultimate
tensile strength is less than 4 MPa (Beddoes et al. 2016). Additionally, osteoarthritic
cartilage has been found to have a tensile strength of 2 MPa, a value which this hydrogel
exceeds by 4 times (Akizuki et al. 1986).
While failing to meet and exceed the upper end ultimate tensile strength of
cartilage, this hydrogel displays a more promising result than existing cartilage
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alternatives, and a substantial improvement over the diseased cartilage needing
replacement.

4.3.5 Dynamic Mechanical Analysis
Dynamic moduli established by literature were tested on bovine cartilage, and
were measured to be 14.6 ± 6.9 MPa at 0.1 Hz and 16.1 ± 5.2 MPa at 1 Hz (Fulcher,
Hukins, and Shepherd 2009). As seen in Figure 33, the hydrogel cartilage substitute with
the lowest water content (36.24 ± 0.45%) returned a modulus of 15.50 ± 0.68 MPa when
tested at 1 Hz, and 13.96 ± 1.03 MPa when tested at 0.1 Hz. These moduli are close in
value, and it can be concluded that the hydrogel substitute shows promising similarity to
natural articular cartilage.
Additionally, the hydrogel formulation performed substantially better than
existing artificial solutions, as a PEG-DM hydrogel displayed a dynamic compressive
modulus of 0.67 MPa at 1 Hz and 15% strain, the exact conditions under which this DN
hydrogel was tested (Nguyen et al. 2012). The DN hydrogel returned a modulus much
closer to that of natural articular cartilage tissue.
The analysis of hydrogel cartilage substitute found the phase angle to be 3.20 ±
0.53° as seen in Table 4. The phase angle of natural bovine articular cartilage was
determined to be 4.9 ± 0.6° across all frequencies 1 to 92 Hz (Fulcher, Hukins, and
Shepherd 2009). This shows that both the DN hydrogel material as well as natural
cartilage are slightly viscoelastic, and do not return a perfectly elastic response. Thus, the
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hydrogel cartilage substitute reacts similarly to cyclic loading as natural tibiofemoral
cartilage, and this mechanical property has comparable results.

4.4 Summary

Figure 34: Placement of the examined hydrogel formulation in comparison to existing
hydrogel cartilage substitute solutions (Beddoes et al. 2016).

The hydrogel substitute performed generally well across the five tests analyzed.
The compressive modulus (shown in Figure 34) and upper-end stress values exceeded
those obtained from testing natural articular cartilage, as did the tensile modulus. The
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tested value of natural cartilage fell within the range of values returned by the water
content sets examined on the DN hydrogel substitute.
Figure 34 shows the confined equilibrium modulus of natural articular cartilage,
1 MPa, as the standard needing to be met. However, many of the hydrogels tested,
including the formulation analyzed in this work, were tested under loading conditions
which do not reflect an equilibrium modulus. The unconfined, constant strain loading
used will result in a different modulus than the confined equilibrium value. For this
reason the instantaneous indentation modulus of 11.8 MPa was used as the standard
needing to be met (Shepherd and Seedhom 1999). Figure 34 serves primarily to compare
existing hydrogel solutions to the novel DN hydrogel discussed. All hydrogels in Figure
34 which exceed 1 MPa in modulus were tested under instantaneous modulus conditions,
not equilibrium conditions (Beddoes et al. 2016).
The ultimate tensile strength did not exceed that of healthy articular cartilage;
however, it can be seen in Figure 34 that it did outperform existing hydrogel solutions
and diseased natural cartilage values. Dynamic modulus performed similarly but did not
encompass the full range of values found of natural articular cartilage, and the
viscoelasticity of the substitute and the natural cartilage were similar as measured by the
phase angle.
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CHAPTER 5
CONCLUSION

There exists a need for middle aged patients with degenerative cartilage disease to
have an alternative to total knee arthroplasty. As our lifespans increase, so too does the
proportion of the population affected by cartilage damage and disease (Kwoh 2012).
PVA-based hydrogels have shown potential as a cartilage substitute, mimicking many
properties of the complex natural tissue (Baker et al. 2012). While there are numerable
characteristics that the substitute must match, it is necessary that mechanical properties
are similar in order for the material to function as an effective alternative for cartilage.
The objective of this thesis was to establish the mechanical properties of a double
network hydrogel and compare these values to those of natural articular cartilage, thus
examining the potential viability of the material in a physiological setting.
Double network hydrogels were synthesized to have varying limits of water
uptake. This resulted in sample sets ranging from 35% to 76% water content. Across this
range of water contents, variability of compressive, tensile, and dynamic analysis
properties can be seen.
In unconfined compression, a decrease in water content resulted in an increase in
both modulus and stress a given strain. The range of moduli and stress responses
measured for the hydrogel were found to encompass researched values for natural
tibiofemoral cartilage.
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In confined compression, results did not show definitive trends relating to water
content. However, it was determined that the modulus of the material increases with
increased strain rate. Additionally, it was found that the hydrogel samples are able to
support 10.8 MPa, the stress value at the limit of the load cell, without any permanent
deformation or rupture.
During indentation testing, the hydrogel showed consistent results with
unconfined compression in that modulus and stress at a given strain increased with
decreasing water content. Indentation testing also showed a range of moduli and stress
responses that natural articular cartilage is expected to fall between, showing that the
material has the potential to be customized to the value necessary for proper
functionality.
Under tensile testing, the double network hydrogel’s material properties did fall
short of the estimated ultimate tensile strength of young, healthy natural knee cartilage.
Although the ultimate tensile stress is not met in that of healthy adults, this material still
shows potential for repairing defects in small confined spaces where a lower tensile force
would be expected. Additionally, the material performed much more similarly to natural
cartilage than any existing hydrogel solution. The upper-end tensile modulus of native
tissue was met and surpassed by the hydrogel, showing an ability to customize the
formulation to the necessary tensile modulus.
Dynamic mechanical analysis showed that the material has a similar
viscoelasticity to natural cartilage in that it is slightly viscoelastic not perfectly elastic.
Additionally, it can be observed that dynamic modulus increases while water content
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decreases. The material properties behaved comparably to natural knee cartilage, with a
similar dynamic compressive modulus.
In conclusion, the double network hydrogel material responds to a multitude of
mechanical tests with a range which encompasses the measured value of natural articular
cartilage for the majority of properties analyzed in this paper. By decreasing water
content, the modulus and stress at a given strain can be increased. While there are still
improvements to be made mechanically, the customizability of the material indicates a
high potential as a viable knee cartilage substitute.
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CHAPTER 6
FUTURE WORK

In assessing a synthetic cartilage material, mechanical properties are undeniably
important to reduce the risk of failure in the body. In this work, we have addressed
tensile, compression, and dynamic properties, but a range of other mechanical, biological,
and design properties are required in order to transition a prospective material to an
implant.

6.1 Equilibrium Compression Testing
In order to reduce the effect of water pushing back against the plunger and strictly
analyze the polymer material properties, equilibrium compression should be conducted.
After being compressed to a finite displacement, the resulting force returned from the
sample would be measured over time until reaching equilibrium. This is important both in
the characterization of the polymer as well as the mimicking of extended time standing in
physiological applications.

6.2

Finite Element Analysis
While the double network hydrogel did not reach the maximal ultimate tensile

strength, it did exceed the strength of existing solutions as well as diseased cartilage. The
material is intended to be used as a solution for a smaller cartilage defect, which may
result in a substantially lower tensile strength requirement than that of the maximal
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measured strength. As a result, the material should be studied using finite element
analysis (FEA) or Failure Mode Effect Analysis (FMEA) in order to determine whether
its tensile strength is sufficient given the application.

6.3 Investigation of pH Response
Because the pH of cartilage tissue becomes progressively more acidic across the
depth of the tissue towards the subchondral bone, the cartilage substitute material should
be tested under more acidic conditions. The retention of the hydrogel’s mechanical
capabilities under this environment should be confirmed.

6.4 Compression at High Strain Rate
In order to more accurately mimic the condition of running, a higher strain rate
than 1%/sec should be investigated while characterizing compressive properties.
Cartilage is loaded at higher rates when running than when walking, so in order to
analyze physiological conditions under which the material may be placed, this topic
should be further explored.

6.5

Tribology
One potential mode of failure is insufficient wear properties and generation of

immune response-causing particulate. Tests which examine the lubricity, frictional
properties, and resulting wear properties must be employed, such as pin-on-disc testing.
This will help to ensure the synthetic material does not generate substantial wear
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particulate within the joint space, nor does it become brittle with time and crack or fall
apart.

6.6

Fatigue
Additionally, fatigue testing could serve to examine the durability of the material

under sustained cyclic loading. The mechanical characteristics of the material must
remain constant in order to maintain functionality as a cartilage substitute. Through
fatigue testing the ability of the material to retain these properties over extended periods
of time in a simulated physiological environment can be assessed.

6.7 Biocompatibility
Biocompatibility impacts the viability of an implant, as the material interacts with
the immune system as well as surrounding tissue and must not cause adverse effects.
Should the implant create wear particulate, biocompatibility would be especially important
in predicting the immune response regarding these debris, such as the formation of giant
foreign body cells or encapsulation of the material (Granchi et al. 2008). Irritation testing,
implantation testing, an array of toxicity tests, and more would need to be performed in
order to ensure that the material does not inflict harm one implanted.

6.8 Fixation
For the material to ultimately be considered for use as a synthetic cartilage in the
knee, a secure fixation method would need to be developed. Weakening and brittleness of
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surrounding bone is common in patients with severe cartilage damage, largely due to age
(Mansour 2013). This leads to complications in the transfer of force between the
substitute and the bone and can make it difficult to create a functional fixation method for
the synthetic cartilage. Additionally, as patients age their body replaced cells at a much
slower rate, making methods which rely on tissue growth into the fixation space difficult
(Steadman, Rodkey, and Rodrigo 2001).
This is one of the most significant challenges any knee cartilage replacement
faces, as mimicking the interaction and mechanical fixation between the cartilage and sub
chondral bone is difficult but crucial to its success as an implant.

6.9 Summary
While there are multiple topics to be explored prior to implantation, this material
shows substantial promise as a cartilage replacement. If implemented effectively, it has
the potential to improve the quality of life of millions of people and serve as a nonsurgical solution to regain mobility for those affected by cartilage disease.
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APPENDIX

Appendix A:
Abbreviations:
AMPS- 2-Acrylamido-2-methyl-1-propanesulfonic acid
DMA- Dynamic mechanical analysis
DN- Double network
FEA- Finite Element Analysis
FMEA- Failure Mode Analysis
GAG- Glycosaminoglycan
MBAA- Methylenebisacrylamide
PCDME- Poly(N-(carboxymethyl)-N,N-dimethyl-2-(methacryloyloxy) ethanaminium
PMMA- Poly methyl methacrylate
PEG- Poly ethylene glycol
PEG-DM- Poly ethylene glycol dimethacrylate
PVA- Poly vinyl alcohol
PVAc- Poly vinyl acetate
UHMWPE- Ultra-high molecular weight polyethylene

Appendix B:
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Figure B-1: Example of a typical stress strain curve of a tensile sample.

Figure B-2: Example of a double network hydrogel stress strain curve that does not show
strain hardening.
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Figure B-3: Example of a double network hydrogel stress strain curve that shows
evidence of strain hardening.
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Figure B-4: Averaged unconfined compression stress strain curve of the 4 samples within
the lowest water content sample set. Modulus values were recorded at 0.05, 0.1, 0.2, 0.3,
and 0.4 strain.
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Figure B-5: Averaged confined compression stress strain curve of the 4 samples within
the lowest water content sample set. The test was stopped before 10% strain due to
reaching the maximum capacity of the 1kN load cell. Modulus and stress values were
recorded at 0.03, 0.05, and 0.07 strain.
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Figure B-6: Averaged indentation stress strain curve of the 4 points on the lowest water
content sample. Modulus values were recorded at 0.05, 0.1, 0.2, 0.3, and 0.4 strain.
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